1.. Introduction
================

Biosensor-related research has experienced explosive growth over the last two decades. A biosensor is generally defined as an analytical device which converts a biological response into a quantifiable and processable signal \[[@b1-sensors-08-01400]\]. [Figure 1](#f1-sensors-08-01400){ref-type="fig"} shows schematically the parts comprising a typical biosensor: a) bioreceptors that specifically bind to the analyte; b) an interface architecture where a specific biological event takes place and gives rise to a signal picked up by c) the transducer element; the transducer signal (which could be anything from the in-coupling angle of a laser beam to the current produced at an electrode) is converted to an electronic signal and amplified by a detector circuit using the appropriate reference and sent for processing by, *e.g.*, d) computer software to be converted to a meaningful physical parameter describing the process being investigated; finally, the resulting quantity has to be presented through e) an interface to the human operator. Biosensors can be applied to a large variety of samples including body fluids, food samples, cell cultures and be used to analyze environmental samples.

In order to construct a successful biosensor for the non-specialist market a number of conditions must be met: The biocatalyst must be highly specific for the purpose of the analysis, be stable under normal storage conditions and show a low variation between assays.The reaction should be as independent as manageable of such physical parameters as stirring, pH and temperature. This will allow analysis of samples with minimal pre-treatment. If the reaction involves cofactors or coenzymes these should, preferably, also be co-immobilized with the enzyme.The response should be accurate, precise, reproducible and linear over the concentration range of interest, without dilution or concentration. It should also be free from electrical or other transducer induced noise.If the biosensor is to be used for invasive monitoring in clinical situations, the probe must be tiny and biocompatible, having no toxic or antigenic effects. Furthermore, the biosensor should not be prone to inactivation or proteolysis.For rapid measurements of analytes from human samples it is desirable that the biosensor can provide real-time analysis.The complete biosensor should be cheap, small, portable and capable of being used by semi-skilled operators.

Designed for the purpose, biosensors are generally highly selective due to the possibility to tailor the specific interaction of compounds by immobilizing biological recognition elements on the sensor substrate that have a specific binding affinity to the desired molecule \[[@b4-sensors-08-01400]\]. Typical recognition elements used in biosensors are: enzymes, nucleic acids, antibodies, whole cells, and receptors. Of these, enzymes are among the most common \[[@b3-sensors-08-01400]\]. To fully exploit the specific interaction through biorecognition, the surface architecture of the sensor also must suppress any non-specific interaction. A tremendous research effort has been invested to find surface modifications with specific interaction capabilities over prolonged periods of time in biological fluids \[[@b5-sensors-08-01400]\].

Today, a multitude of instruments referred to as biosensors can be found in labs around the world and there is a growing number of biosensors being used as diagnostic tools in point-of-care testing, but the realization of cheap handheld devices is almost limited to one well-known example: the glucose sensor \[[@b6-sensors-08-01400]\]. In many cases the main limitation in realizing point-of-care testing/sensing devices is the ability to miniaturize the transduction principle and the lack of a cost-effective production method. Thus, they have to be confined to expert users of high-cost equipment in a lab environment and cannot be used *e.g.* by patients themselves or doctors in the field.

The whole area of biosensors started with the introduction of the first generation glucose oxidase (GOx) biosensor in 1962 \[[@b7-sensors-08-01400]\]. The GOx sensor is still the most widely used, although many improvements (generations) have been added since the 1960\'s \[[@b8-sensors-08-01400]\]. As exemplified by the glucose sensor, electrochemical biosensors do not suffer the drawback of high sensor setup complexity and cost. This is due to their close link to developments in low-cost production of microelectronic circuits and their easy interface with normal electronic read-out and processing. Other inherent advantages of electrochemical biosensors are their robustness, easy miniaturization, excellent detection limits, also with small analyte volumes, and ability to be used in turbid biofluids with optically absorbing and fluorescing compounds \[[@b9-sensors-08-01400], [@b10-sensors-08-01400]\]. However, several aspects could be considered to have held back the emergence of additional breakthrough applications built on electrochemical biosensing.

Electrochemical biosensors have suffered from a lack of surface architectures allowing high enough sensitivity and unique identification of the response with the desired biochemical event. For example, pH and ionic strength in biofluids can differ significantly, which affects the response of important classes of biosensors such as immunosensors \[[@b10-sensors-08-01400]\]. Thus, there has recently been an increased emphasis on using nanotechnology to shrink the dimensions of electrochemical sensor elements to sizes which can increase the signal-to-noise ratio for processes designed to occur at the interface of the device and to find ways of using, *e.g.*, multiple enzymatic labels to increase the signal per event. The combination of knowledge in bio- and electrochemistry, solid-state and surface physics, bioengineering, integrated circuit silicon technology and data processing offers the possibility of a new generation of highly specific, sensitive, selective and reliable micro (bio-)chemical sensors and sensor arrays addressing these remaining issues \[[@b11-sensors-08-01400]\]. It is thus timely to summarize recent progress in this diverse field and to discuss its future prospects for development.

After introducing the many incarnations of electrochemical biosensors this review will discuss how electrochemistry has been and can be combined with complementary sensor techniques to enhance data interpretation. The latter we believe to be very important to optimize given biosensor designs and also for the increased use of electrochemical sensors to characterize biointerfaces. Emerging devices for electrochemical biosensors inspired by advances in microelectronics and nanotechnology like the biofield effect transistors, nanowires and other "near-molecular scale devices" will be introduced. The last part of the review will address surface architectures and modifications used in electrochemical biosensors to improve on sensitivity and biospecificity, as well as discuss the emergence of new devices from the multi-disciplinary field where nanotechnology, material science and biology converge.

2.. Devices
===========

Biosensor-related publications were sparse in the early 20th century. The early era of biosensing research and development was first sparked with the defining paper by Clark \[[@b12-sensors-08-01400], [@b13-sensors-08-01400]\] and his invention of the oxygen electrode in 1955/56. The subsequent modification of the oxygen electrode led up to another publication in 1962 \[[@b7-sensors-08-01400]\], which reported the development of the first glucose sensor and the enhancement of electrochemical sensors (*e.g.* polarographic, potentiometric and conductometric) with enzyme-based transducers. Clark\'s work and the subsequent transfer of his technology to Yellow Spring Instrument Company led to the successful commercial launch of the first dedicated glucose biosensor in 1975 \[[@b14-sensors-08-01400]\].

Since then, various forms of glucose biosensors have been developed, as well as many other sensing technologies and biosensing devices. This section attempts to describe operating principles of electrochemically-based biosensors by reviewing representative devices and their techniques from the aforementioned categories. Although the general topic of this review is electrochemical biosensing devices, a detailed overview is given in this section of various combinations of electrochemical sensing with other well-established sensing techniques and biosensor devices. Therefore, special attention is given to aspects of complementarity techniques and their advantage of independent, simultaneous measurements with (bio-)electrochemistry. A selection of specific biorecognition elements, structural components and various forms of surface architectures will be reviewed in the following section.

2.1.. Electrochemical Detection Techniques
------------------------------------------

In biosensing the measurement of electrical properties for extracting information from biological systems is normally electrochemical in nature, whereby a bioelectrochemical component serves as the main transduction element. Although biosensing devices employ a variety of recognition elements, electrochemical detection techniques use predominantly enzymes. This is mostly due to their specific binding capabilities and biocatalytic activity \[[@b3-sensors-08-01400], [@b10-sensors-08-01400], [@b11-sensors-08-01400]\]. Other biorecognition elements are *e.g.* antibodies, nucleic acids, cells and micro-organisms \[[@b3-sensors-08-01400], [@b4-sensors-08-01400]\]. An immunosensor uses antibodies, antibody fragments or antigens to monitor binding events in bioelectrochemical reactions. Detailed information about surface architectures and biorecognition elements is provided in Section 3.

Typically in (bio-)electrochemistry, the reaction under investigation would either generate a measurable current (*amperometric*), a measurable potential or charge accumulation (*potentiometric*) or measurably alter the conductive properties of a medium (*conductometric*) between electrodes \[[@b4-sensors-08-01400]\]. References are also made to other types of electrochemical detection techniques, such as *impedimetric*, which measures impedance (both resistance and reactance) \[[@b15-sensors-08-01400], [@b16-sensors-08-01400]\], and *field-effect*, which uses transistor technology to measure current as a result of a potentiometric effect at a gate electrode \[[@b2-sensors-08-01400]\]. All of these measurement techniques will be introduced here, as well as some devices that employ variations of these techniques.

Since reactions are generally detected only in close proximity to the electrode surface, the electrodes themselves play a crucial role in the performance of electrochemical biosensors. Based on the chosen function of a specific electrode, the electrode material, its surface modification or its dimensions greatly influence its detection ability. Electrochemical sensing usually requires a *reference* electrode, a *counter* or auxiliary electrode and a *working* electrode, also known as the sensing or redox electrode. The reference electrode, commonly made from Ag/AgCl, is kept at a distance from the reaction site in order to maintain a known and stable potential. The working electrode serves as the transduction element in the biochemical reaction, while the counter electrode establishes a connection to the electrolytic solution so that a current can be applied to the working electrode. These electrodes should be both conductive and chemically stable. Therefore, platinum, gold, carbon (*e.g.* graphite) and silicon compounds are commonly used, depending on the analyte \[[@b4-sensors-08-01400], [@b17-sensors-08-01400]\]. An excellent summary of the characteristics, such as the varying detection limits, of electrochemical biosensors is provided in a review by Mehrvar *et al.* \[[@b18-sensors-08-01400]\].

Synergies in nanotechnology and bioelectronics have revealed new possibilities to miniaturize and to optimize existing microscale devices at the nanoscale. It is becoming possible to more accurately measure specific electrical properties in combination with various electrochemical transducers. The higher surface-to-volume ratio of nano-objects makes their electrical properties increasingly susceptible to external influences, especially as these structures continue to shrink toward the atomic limit. Since the nanometer dimensions of these objects are comparable to the size of the target biomolecules, higher measurement sensitivity may result \[[@b19-sensors-08-01400]\], and sensitivity may also increase due to higher capture efficiency \[[@b20-sensors-08-01400]\]. Nanostructures already represent important new components in recently developed electrochemical biosensors, such as the use of nanoparticles as electrochemical labels for DNA sensing \[[@b21-sensors-08-01400], [@b22-sensors-08-01400]\]. Nanowires, carbon nanotubes, nanoparticles and nanorods are merely some of the familiar objects that are emerging as candidates to become crucial elements of future bioelectronic devices and biosensors \[[@b23-sensors-08-01400], [@b24-sensors-08-01400]\]. The use of nanowires in biosensing is reviewed in Section 2.2.

**Amperometric devices** are a type of electrochemical sensor, since they continuously measure current resulting from the oxidation or reduction of an electroactive species in a biochemical reaction \[[@b3-sensors-08-01400], [@b6-sensors-08-01400]\]. Clark oxygen electrodes perhaps represent the basis for the simplest forms of amperometric biosensors, where a current is produced in proportion to the oxygen concentration. This is measured by the reduction of oxygen at a platinum working electrode in reference to a Ag/AgCl reference electrode at a given potential \[[@b4-sensors-08-01400]\]. Typically, the current is measured at a constant potential and this is referred to as *amperometry*. If a current is measured during controlled variations of the potential, this is referred to as *voltammetry*. Furthermore, the peak value of the current measured over a linear potential range is directly proportional to the bulk concentration of the analyte, *i.e.* the electroactive species \[[@b2-sensors-08-01400], [@b3-sensors-08-01400], [@b4-sensors-08-01400]\]. Since not all protein analytes are intrinsically capable to serve as redox partners in electrochemical reactions, these devices use mostly mediated electrochemistry for the electrochemical reaction of the analyte at the working electrode \[[@b4-sensors-08-01400], [@b6-sensors-08-01400]\]. The role and use of mediators for direct and indirect transduction is reviewed in Section 3.2. Despite the disadvantage of this often indirect sensing system, it is claimed that amperometric devices maintain a sensitivity superior to potentiometric devices \[[@b6-sensors-08-01400], [@b25-sensors-08-01400]\]. An example of an amperometric device is the aforementioned glucose biosensor, which is based on the amperometric detection of hydrogen peroxide. A very tangible application of amperometry is used in combination with immunosensing techniques to measure levels of the human chorionic gonadotropin *β*-subunit (*β*-HCG) in advanced pregnancy testing \[[@b26-sensors-08-01400]\]. Yu *et al.* have used magnetic microparticles as a means to increase the variety of biocomponent attachment and surface reactions in their amperometric biosensor \[[@b27-sensors-08-01400]\]. Using amperometric methods Kueng *et al.* developed a biosensing technique for the detection of adenosine-5′-triphosphate (ATP) at physiological pH values with a detection limit of 10 nmol/l \[[@b28-sensors-08-01400]\]. First they co-immobilized glucose oxidase (GOD) and hexokinase (HEX) at electrode surfaces. Upon introducing the electrode to a system containing ATP, glucose was consumed by the enzymatic reaction catalyzed by HEX. This resulted in a decrease in signal in proportion to the ATP concentration. A sample curve for their amperometric measurements is shown in [Figure 2](#f2-sensors-08-01400){ref-type="fig"}.

**Potentiometric devices** measure the accumulation of a charge potential at the working electrode compared to the reference electrode in an electrochemical cell when zero or no significant current flows between them \[[@b3-sensors-08-01400], [@b4-sensors-08-01400], [@b10-sensors-08-01400]\]. In other words, potentiometry provides information about the ion activity in an electrochemical reaction \[[@b29-sensors-08-01400]\]. For potentiometric measurements, the relationship between the concentration and the potential is governed by the Nernst equation, where *E~cell~* represents the observed cell potential at zero current. This is sometimes also refereed to as the electromotive force or EMF $E_{\textit{cell}}^{o}$ is a constant potential contribution to the cell, *R* the universal gas constant, *T* the absolute temperature in degrees Kelvin, *n* is the charge number of the electrode reaction, *F* is the Faraday constant and Q is the ratio of ion concentration at the anode to ion concentration at the cathode \[[@b30-sensors-08-01400]\].

$$\textit{EMF\ or}E_{\textit{cell}} = E_{\textit{cell}}^{0} - \frac{RT}{nF}\ln Q$$

The direct determination of the analyte ion concentration with the Nernst equation is referred to as *direct potentiometry* \[[@b3-sensors-08-01400]\]. The lowest detection limits for potentiometric devices are currently often achieved with ion-selective electrodes (ISE). Therefore, by definition the detection limit is analyte specific and current devices have limits of detection in ranges between 10^−8^ to 10^−11^ M. Potentiometric sensors prove suitable for measuring low concentrations in tiny sample volumes, since they ideally offer the benefit of not chemically influencing a sample. The variety of ions, for which low detection limits are possible, is currently quite limited and missing such important analytes as: nickel, manganese, mercury and arsenate ions. Detailed information about potentiometry and their limit of detection (LOD) is provided in the review by Bakker *et al.* \[[@b29-sensors-08-01400]\].

Potentiometry is also used as an alternative method to electrically determine the point in a (bio)chemical reaction at which equal quantities of opposing solutions reach a state of equilibrium (*e.g.* 0.1 mol HCl and 0.1 mol NaOH). This is known as measuring a titration end-point with the technique known as *potentiometric titration*. By performing a titration at constant or zero current, the end point is identified from the variations in electrode potential, which are caused by changes in solution concentration of the potential-determining ion. Many potentiometric devices are also based on various forms of field-effect transistor (FET) devices to measure pH changes, selective ion concentrations and the kinetics of biocatalytic reactions involving enzymes \[[@b31-sensors-08-01400]\]. Such FET devices are reviewed in greater detail in Section 2.1.4. A further example and novel optical/electrochemical hybrid technique is known as a Light Addressable Potentiometric Sensor (LAPS) \[[@b32-sensors-08-01400], [@b33-sensors-08-01400], [@b34-sensors-08-01400], [@b35-sensors-08-01400], [@b36-sensors-08-01400]\]. LAPS is a silicon-based detector that takes advantage of the photovoltaic effect to selectively determine the point of measurement. By scanning with a focused light source it is possible to determine the spatially resolved surface potential distribution along the interface of the sample and substrate surfaces \[[@b37-sensors-08-01400]\]. A highlighted example of a potentiometric biosensor from Shishkanova *et al.* is illustrated in [Figure 3](#f3-sensors-08-01400){ref-type="fig"}. The detection principle relies on the hybridization process of single-stranded oligonucleotides close to a PVC membrane, which induces a measurable redistribution of the ion concentration within intermolecular regions.

**Conductometric devices** measure the ability of an analyte (*e.g.* electrolyte solutions) or a medium (*e.g.* nanowires) to conduct an electrical current between electrodes or reference nodes. Although conductometric devices can be considered as a subset of impedimetric devices, techniques for measuring capacitance changes is reviewed later in combination with electrochemical impedance spectroscopy in Section 2.1.3. In most cases conductometric devices have been strongly associated with enzymes, where the ionic strength, and thus the conductivity, of a solution between two electrodes changes as a result of an enzymatic reaction. Thus, conductometric devices can be used to study enzymatic reactions that produce changes in the concentration of charged species in a solution \[[@b10-sensors-08-01400]\]. The variable ionic background of clinical samples and the requirement to measure small conductivity changes in media of high ionic strength limit the applicability of such enzyme-based conductometric devices for biosensing \[[@b2-sensors-08-01400]\]. Another approach is to directly monitor the changes in conductance of an electrode as a result of the immobilization of *e.g.* enzymes, complementary antibody-antigen pairs, etc. onto the electrode surface.

The construction of multi-analyte conductance biosensors and conductive polymer-based devices has been made possible by the rapid development of semiconductor technology and sensor integration with microelectronic devices, such as FET devices \[[@b39-sensors-08-01400], [@b40-sensors-08-01400]\]. Now there is an increased interest in conductometric immunosensors in combination with nanostructures, and especially nanowires, for biosensing \[[@b19-sensors-08-01400], [@b24-sensors-08-01400]\]. Although conductometric sensing has not been as extensively implemented as it could be \[[@b3-sensors-08-01400]\], there are examples of successful development of these devices for practical application, such as drug detection in human urine and pollutant detection in environmental testing \[[@b41-sensors-08-01400]\]. Whole cells have also been used as a biorecognition element in conductometric biosensors for toxicity analysis by immobilizing the cells to a transducer of interdigitated electrodes \[[@b42-sensors-08-01400]\].

### 2.1.1.. Cyclic Voltammetry (CV)

Voltammetry belongs to a category of electro-analytical methods, through which information about an analyte is obtained by varying a potential and then measuring the resulting current. It is, therefore, an amperometric technique. Since there are many ways to vary a potential, there are also many forms of voltammetry, such as: polarography (DC Voltage) \[[@b43-sensors-08-01400]\], linear sweep, differential staircase, normal pulse, reverse pulse, differential pulse and more \[[@b3-sensors-08-01400], [@b44-sensors-08-01400]\]. *Cyclic voltammetry* is one of the most widely used forms and it is useful to obtain information about the redox potential and electrochemical reaction rates (e.g. the chemical rate constant) of analyte solutions. In this case, the voltage is swept between two values at a fixed rate, however, when the voltage reaches V~2~ the scan is reversed and the voltage is swept back to V~1~, as is illustrated in [Figure 4i](#f4-sensors-08-01400){ref-type="fig"}). The scan rate, (*V*~2~ − *V*~1~)/(*t*~2~ − *t*~1~), is a critical factor, since the duration of a scan must provide sufficient time to allow for a meaningful chemical reaction to occur. Varying the scan rate, therefore, yields correspondingly varied results \[[@b3-sensors-08-01400], [@b45-sensors-08-01400]\].

The voltage is measured between the reference electrode and the working electrode, while the current is measured between the working electrode and the counter electrode. The obtained measurements are plotted as current *vs.* voltage, also known as a voltammogram. As the voltage is increased toward the electrochemical reduction potential of the analyte, the current will also increase. With increasing voltage toward V**~2~** past this reduction potential, the current decreases, having formed a peak as the analyte concentration near the electrode surface diminishes, since the oxidation potential has been exceeded. As the voltage is reversed to complete the scan toward V~1~, the reaction will begin to reoxidize the product from the initial reaction. This produces an increase in current of opposite polarity as compared to the forward scan, but again decreases, having formed a second peak as the voltage scan continues toward V~1~. The reverse scan also provides information about the reversibility of a reaction at a given scan rate \[[@b46-sensors-08-01400]\].

The shape of the voltammogram for a given compound depends not only on the scan rate and the electrode surface, which is different after each adsorption step, but can also depend on the catalyst concentration. For example, increasing the concentration of reaction specific enzymes at a given scan rate will result in a higher current compared to the non-catalyzed reaction \[[@b45-sensors-08-01400], [@b48-sensors-08-01400], [@b49-sensors-08-01400]\]. [Figure 4](#f4-sensors-08-01400){ref-type="fig"} provides an overview of selected cyclic voltammograms from the work of Li *et al.* \[[@b47-sensors-08-01400]\]. They describe a cholesterol biosensor based on the entrapment of cholesterol oxidase in a silicic sol-gel matrix (please refer to Section 3.5.5.) at a Prussian Blue-modified electrode. The electrode modification is aimed to improve the sensitivity and the selectivity of the biosensor. By means of CV they were able to determine a 3*σ* detection limit of nearly 1.2×10^−7^ M compared to other reported detection limits on the order of 10^−5^ M from literature at the time. They further characterized their system using chronoamperometry (see Section 2.1.2.) and obtained a 3*σ* detection limit of 5.4×10^−7^ M. CV is not only useful for sensing purposes, but also as a tool to characterize the processes that take place on the sensing electrode. Liu *et al.* have for example studied the electrochemical characteristics and characterized the modified process of a biosensor for the determination of the H**~2~**O**~2~** concentration with reportedly high sensitivity. Horseradish peroxidase (HRP) was immobilized on a platinum disk electrode modified with a gold colloid-cysteine-nafion film in an approach to enhance the direct electron transfer between enzymes and electrodes without chemical mediators \[[@b48-sensors-08-01400]\].

### 2.1.2.. Chronoamperometry and Chronopotentiometry

Another amperometric technique is known as chronoamperometry, where a square-wave potential is applied to the working electrode and a steady state current is measured as a function of time \[[@b3-sensors-08-01400], [@b46-sensors-08-01400]\]. Alterations in the current arise from the expansion or reduction of the diffusion layer at the electrode. The concept of a diffusion layer was introduced by Nernst and states that there is a stationary thin layer of solution in contact with the electrode surface. The local analyte concentration drops to zero at the electrode surface and diffusion controls the transfer of analyte from the bulk solution of higher concentration to the electrode. This results in a concentration gradient away from electrode surface. In the bulk solution the concentration of analyte is maintained at a value of *c*~0~ by convective transfer.

This technique of chronoamperometry is, therefore, closely related to the Cottrell equation \[[@b3-sensors-08-01400], [@b50-sensors-08-01400]\], which is shown in [Equation 2](#FD2){ref-type="disp-formula"}. It defines the current-time dependence for linear diffusion control at a planar electrode. In the Cottrell equation, the current *I* is dependent on *F* Faraday\'s constant, *n* the number of transferred electrons per molecule, *A* the electrode area, *c*~0~ the analyte concentration, *D* the diffusion coefficient and time *t*. From the Cottrell equation the current depends on the rate at which the analyte diffuses to the electrode.

$$I = \textit{nFA}c_{0}\sqrt{\frac{D}{\pi t}}$$

[Figure 5](#f5-sensors-08-01400){ref-type="fig"} shows complementary chronoamperometric data on the same system analyzed by CV in [Figure 4](#f4-sensors-08-01400){ref-type="fig"} \[[@b47-sensors-08-01400]\]. Often used in addition to other techniques, such as cyclic voltammetry, for time-dependent system characterization, chronoamperometry is a sensitive technique which does not require the labelling of reactants. One interesting application of chronoamperometry is the real-time monitoring of electrochemical neurotransmission by Michael *et al.* \[[@b51-sensors-08-01400]\]. They provide a technical description and comparison of the temporal and chemical resolution of amperometry, fast-scan cyclic voltammetry and high-speed chronoamperometry in studies with single cells, brain slices and intact animals. In chronopotentiometry the potential is measured as a function of time in response to a constant or square-wave current. This technique was used by Martins *et al.* to investigate the adsorption of human serum albumin (HSA) to SAMs \[[@b52-sensors-08-01400]\].

### 2.1.3.. Electrochemical Impedance Spectroscopy (EIS)

The first publication of electrochemical impedance spectroscopy dates to 1975 \[[@b53-sensors-08-01400]\]. Through the application of a small sinusoidally varying potential *U*, one measures the resulting current response *I* \[[@b44-sensors-08-01400], [@b54-sensors-08-01400]\]. By varying the excitation frequency *f* of the applied potential over a range of frequencies, one can calculate the complex impedance, sum of the real and imaginary impedance components, of the system as a function of the frequency (*i.e.* angular frequency *w*). Therefore, EIS combines the analysis of both real and imaginary components of impedance, namely the electrical resistance and reactance, as shown in [Equation 3](#FD3){ref-type="disp-formula"} \[[@b49-sensors-08-01400], [@b55-sensors-08-01400]\].

$$\begin{matrix}
{Z(jw) = \frac{U(jw)}{I(jw)} = Z_{r}(w) + jZ_{i}(w);} & {w = 2\pi f} \\
\end{matrix}$$

EIS possesses the ability to study any intrinsic material property or specific processes that could influence the conductivity/resistivity or capacitivity of an electrochemical system. Therefore, EIS is a useful tool in the development and analysis of materials for biosensor transduction, such as the study of polymer degradation. For example, by coating conductive electrodes with insulating polymers and then introducing this to an enzymatic reaction, the direct or indirect degradation of the polymer coating can be studied. If during the reaction existing free ions are able to penetrate into the polymer, the insulating nature of the polymer would be compromised and result in modified impedance characteristics of the transducing element \[[@b56-sensors-08-01400], [@b57-sensors-08-01400]\]. A recent example of electrochemical EIS was its use to characterize the fabrication process of a hydrogen peroxide (HRP) biosensor \[[@b58-sensors-08-01400]\].

For electrochemical sensing, impedance techniques are useful to monitor changes in electrical properties arising from biorecognition events at the surfaces of modified electrodes. For example, changes in the conductance of the electrode can be measured as a result of protein immobilization and antibody-antigen reactions on the electrode surface \[[@b44-sensors-08-01400], [@b45-sensors-08-01400], [@b49-sensors-08-01400], [@b59-sensors-08-01400]\]. To additionally measure changes in capacitance with EIS, sometimes referred to as Faradaic impedance spectroscopy, one scheme as proposed by Katz and Willner is to construct an array of interdigitated electrodes and to monitor antibody-antigen reactions in the gaps between the electrodes, as illustrated in [Figure 6a](#f6-sensors-08-01400){ref-type="fig"}. Binding events of complementary antibody-antigen components alter the electrical properties in the gap between two electrodes, where changes in gap conductivity correspond to changes in the real impedance component *Z~r~*(*w*) and changes in the gap capacitance correspond to changes in the imaginary impedance component *Z~i~*(*w*) \[[@b44-sensors-08-01400]\].

Interesting is also the use of impedimetric sensing to detect the binding state of DNA. In an experiment reported by Hang *et al.* a microarray configuration of interdigitated electrodes was used \[[@b60-sensors-08-01400]\]. This is illustrated in [Figure 6b](#f6-sensors-08-01400){ref-type="fig"} and shows their intent to demonstrate the potential of EIS for low-density DNA microarrays. Single-stranded DNA (ssDNA) was immobilized to a modified surface between the electrodes to act as the biorecognition element. The immobilized ssDNA is associated with counter cations, which initially support ionic conductivity. However, upon hybridization with the complementary DNA strand to the ssDNA there is a reduction in the density of these cations. This reduction further inhibits the free displacement of ions near the surface and leads to a corresponding increase in the overall electrical impedance between the interdigitated electrodes \[[@b16-sensors-08-01400], [@b44-sensors-08-01400], [@b60-sensors-08-01400], [@b61-sensors-08-01400], [@b62-sensors-08-01400], [@b63-sensors-08-01400]\].

Finally as a side note, Electrochemical Impedance Spectroscopy also shares the acronym EIS with the sensing system known as an Electrolyte-Insulator Semiconductor \[[@b64-sensors-08-01400]\]. Interestingly and in relation to the topic of DNA biosensing, electrolyte-insulator-semiconductor systems have been used to measure changes in capacitive impedance as a result of DNA hybridization \[[@b65-sensors-08-01400]\]. Detection occurs when the thickness of the dielectric layer increases as a result of target DNA hybridization at the electrode interface. Subsequently, the measured capacitance decreases according to the following equation, where *C* is the capacitance, *ε* is the dielectric constant in vacuum, *ε*~0~ is the dielectric constant of the layer, *A* is the active area and *d* is the thickness of the dielectric layer: $$C = ɛɛ_{0}\frac{A}{d}$$

### 2.1.4.. Field-Effect Transistor (FET)

The FET is a type of transistor that uses an electric field to control the conductivity of a channel (*i.e.* a region depleted of charge carriers) between two electrodes (*i.e.* the *source* and *drain*) in a semiconducting material. Control of the conductivity is achieved by varying the electric field potential, relative to the source and drain electrode, at a third electrode, known as the *gate*. Depending on the configuration and doping of the semiconducting material, the presence of a sufficient positive or negative potential at the gate electrode would either attract charge carriers (*e.g.* electrons) or repel charge carriers in the conduction channel. This would either fill or empty the depletion region of charge carriers and thus form or deform the effective electrical dimensions of the conducting channel. This controls the conductance between the source and drain electrodes. In linear mode, when drain-to-source voltage is much less than the gate-to-source voltage, an FET operates much like a variable resistor to switch between conductive and non-conductive states. Alternatively in saturation mode, an FET operates as a constant-current source and is often used as a voltage amplifier. In this mode the level of constant current is determined by the gate-to-source voltage. FET devices are preferred for weak-signal and/or high impedance applications, hence their widespread use in the growing field of electrochemical biosensing \[[@b6-sensors-08-01400], [@b66-sensors-08-01400]\].

Although there are many different types of FET devices: MOSFET, JFET, MESFET, CHEMFET, etc., the current focus in biosensing applications is on ISFET (ion-selective field-effect transistor) and EnFET (enzyme field-effect transistor) devices \[[@b3-sensors-08-01400], [@b6-sensors-08-01400], [@b31-sensors-08-01400], [@b67-sensors-08-01400], [@b68-sensors-08-01400]\]. The conversion of an FET into a sensing device normally involves the replacement of the metal gate electrode by a biochemically sensitive surface (e.g. an analyte-selective membrane or an ion-conductive solution), which is brought into contact with the analyte solution \[[@b69-sensors-08-01400]\]. Also present in the analyte solution is a reference electrode, which completes the circuit via the gate-voltage bias \[[@b3-sensors-08-01400], [@b11-sensors-08-01400]\].

One of the most popular methods for the construction of FET-based biosensing devices is the immobilization of enzymes at the gate surface of pH-sensitive ISFET devices, creating an EnFET. The method of enzyme-immobilization is a critical aspect of the device\'s performance and sensitivity \[[@b11-sensors-08-01400], [@b70-sensors-08-01400]\]. Biocatalytic reactions influence the presence of accumulated charge carriers at the gate surface in proportion to the original analyte concentration. This produces an electrical signal in the form of a measurable drain current \[[@b67-sensors-08-01400], [@b71-sensors-08-01400]\]. The majority of current EnFET applications involve the analysis of penicillin, glucose and urea \[[@b3-sensors-08-01400]\], but more applications are emerging for the analysis of an ever-expanding variety of analytes \[[@b68-sensors-08-01400]\]. [Figure 7](#f7-sensors-08-01400){ref-type="fig"} illustrates the sensing principle of a penicillin-sensitive EnFET.

Other than a few ISFET-based devices, mainly for pH testing, FET-based biosensors have not yet been successfully commercialized \[[@b72-sensors-08-01400], [@b73-sensors-08-01400], [@b74-sensors-08-01400], [@b75-sensors-08-01400]\]. Some of the typical problems include: the dependence of the resulting signal on the method of enzyme immobilization, the speed of response and the recovery times between measurements, the difficulty of establishing standard methods of enzyme-layer deposition and surface patterning techniques compatible with silicon-based device fabrication techniques \[[@b68-sensors-08-01400]\]. However, research is continuing to overcome these problems. Many designs have been suggested for EnFET biosensors \[[@b76-sensors-08-01400], [@b77-sensors-08-01400], [@b78-sensors-08-01400], [@b79-sensors-08-01400], [@b80-sensors-08-01400], [@b81-sensors-08-01400], [@b82-sensors-08-01400], [@b83-sensors-08-01400]\], as well as other forms of FET-based biosensors (*e.g.* ImmunoFET, GenFET, cell-based FET, etc.), which have already been generally labelled as BioFET devices, or simply BioFETs \[[@b68-sensors-08-01400]\]. Despite the mentioned problems, they remain strong candidates for reusable multiple-analyte sensing arrays or disposable electronic biosensors due to such factors as the ever-shrinking size of FET devices, their low-power operation, their high-density fabrication methods, and their interconnectivity with micro/nanoelectronic elements \[[@b34-sensors-08-01400]\].

Another alternative in FET-based biosensing, which has generated an enormous amount of interest in the past years, is the use of nano-objects, such as nanowires or carbon nanotubes, in combination with FET technology. The use of nanowires in sensing applications is reviewed in detail in Section 2.2. Perhaps the most well-known and controversial work on the subject of nano-object based FET biosensing was presented by Cui *et al.* \[[@b85-sensors-08-01400], [@b86-sensors-08-01400]\]. In such sensing devices, the source and drain of a planar FET device is bridged by a nano-object. Binding to the surface of these nano-objects alters their ability to conduct, which serves as the detection mechanism. Although not functionalized with a biorecognition element, [Figure 8](#f8-sensors-08-01400){ref-type="fig"} provides an illustration of a silicon nanowire FET as presented by Koo *et al.* \[[@b84-sensors-08-01400]\]. Recently Gao *et al.* have built silicon nanowire arrays for the label-free detection of DNA \[[@b87-sensors-08-01400]\]. A summarized schematic representation of their sensing principle and their measurements are shown in [Figure 9](#f9-sensors-08-01400){ref-type="fig"}.

2.2.. Nanowires
---------------

Nanowires belong to a growing family of nano-objects, which also includes *e.g.* nanotubes, nanoparticles, nanorods, nanobelts, nanosprings, thin films and more \[[@b21-sensors-08-01400], [@b22-sensors-08-01400], [@b23-sensors-08-01400], [@b88-sensors-08-01400], [@b89-sensors-08-01400], [@b90-sensors-08-01400]\]. Nanowires are reviewed here in depth for their versatile roles, not only in electrochemical biosensing, but also in bioelectronic and nanoelectronic applications. Nanowires are increasingly being used as building blocks for biosensing techniques. Their implementation as highly-sensitive electrodes is one obvious example, such as the platinum electrode network proposed by Wang *et al.* for glucose detection \[[@b91-sensors-08-01400]\]. As immediately suggested by their name, nanowires have diameters in the nanometer range. Thus, their diameters have a length scale comparable to the atoms of which they are comprised and are sometimes referred to as quantum wires. Additionally, nanowires are referred to as one-dimensional structures, since their lengths are orders of magnitude larger than their diameters. Nonetheless, one might still pose the question why wires with nanometer dimensions are more suitable or more sensitive than larger wires for sensing applications.

As a wire decreases in diameter to the nanometer regime, the ratio of surface atoms compared to interior atoms, *i.e.* the surface-to-volume ratio, drastically increases. Therefore, external influences by charged particles or biological species increasingly influence the conduction both on the wire surface and in the wire interior. The penetration into the wire interior is typically determined by the Debye screening length. Furthermore, quantum mechanical models of wave-like electron transport through the nanowire, rather than classical mechanical models of ballistic electron transport, become necessary as the diameter of nanowires approaches the order of the material-dependant Fermi wavelength \[[@b92-sensors-08-01400], [@b93-sensors-08-01400]\]. This implies that conductivity in nanowires is subject to quantum confinement into separate quantized energy levels. In other words, conductance in a nanowire of a sufficiently small diameter is related to the sum of electron transport in the separate conduction channels of the nanowire defined by their quantization energy. The thinner the wire, the smaller the available unaffected volume, and hence the smaller the probability of uninterrupted conduction. [Figure 10](#f10-sensors-08-01400){ref-type="fig"} illustrates this concept, but uses the term 'conduction channel' in a more classical sense as a mental construct to aid in visualization. Following this methodology, Elfstrom *et al.* have demonstrated the size-dependent surface charge sensitivity of silicon nanowires \[[@b94-sensors-08-01400]\]. In semiconducting materials the presence of surface charges induces a field effect, which alters the local carrier concentration and, therefore, the conducting ability of the material. Their experiments and simulations confirm that nanowires exhibit large changes in conductance when exposed to acidic buffer solutions, but larger wires exhibit no change.

Assuming that the wire is free of impurities, the conductance of each channel is described by *G* = 2*e*^2^*/h*, where *e* is the elemental charge of the electron and *h* is Planck\'s constant \[[@b96-sensors-08-01400], [@b97-sensors-08-01400], [@b98-sensors-08-01400]\]. A simple experiment by Foley *et al.* demonstrates this stepwise decrease in conductance at the atomic level by pulling gold wires \[[@b95-sensors-08-01400]\], as shown in [Figure 11](#f11-sensors-08-01400){ref-type="fig"}.

Nanowires, therefore, represent very attractive bioelectrochemical transducer components since their diameters are comparable to the size of the biochemical analytes under analysis and since their conductance is sensitive to surface perturbations. As stated earlier in this review, nanowires have already been incorporated into FET devices for biosensing purposes, such as the detection of pH, protein and DNA binding, viral and cancer markers. [Figure 12](#f12-sensors-08-01400){ref-type="fig"} illustrates the integration of nanowires in a single FET device, but also within an array configuration to demonstrate the concept of multi-analyte biosensing using nanowires. The Lieber group has also reported attempts to interconnect nanowires with neurons to study their electrical behaviour \[[@b19-sensors-08-01400], [@b99-sensors-08-01400], [@b100-sensors-08-01400]\]. Yeh *et al.* have used a combination of gold nanowires and nanoparticles to increase the electron transfer rates in redox enzymes \[[@b101-sensors-08-01400]\]. To overcome the problems of large-scale nanowire production Stadler *et al.* have combined Extreme Ultraviolet Light Interference Lithography (EUV-IL) with biological patterning to produce high density line arrays of self-assembling DNA-tagged gold nanowires, as shown in [Figure 13](#f13-sensors-08-01400){ref-type="fig"} \[[@b24-sensors-08-01400]\]. For additional information Wanekaya *et al.* provide an informative review of nanowire-based electrochemical biosensors \[[@b23-sensors-08-01400]\].

The successful implementation of nanowire-based biosensing devices depends on overcoming the challenges of their precise and reproducible placement in large-scale manufacturing processes, their specific biological functionalization, and their interconnection with both biological and nano-/microelectronic systems. Whether the nanowires are grown, pulled, tagged and enhanced, or deposited, the accurate characterization and subsequent controlled manipulation of the electrical properties of nanowires is essential to their application-specific performance.

2.3.. Electrochemistry in Combination with Complementary Biosensor Techniques
-----------------------------------------------------------------------------

Obviously, all sensing techniques demonstrate specific strengths in different, yet sometimes overlapping, areas of application. For example, both electrochemical and optical sensing techniques, can allow for real-time, *in situ*, non-destructive and label-free analysis of solutions, biolayers, surfaces, thin films, bulk materials and interfaces \[[@b102-sensors-08-01400], [@b103-sensors-08-01400], [@b104-sensors-08-01400]\]. On one hand, electrochemical techniques, such as CV, enable the *in situ* influence and monitoring of *e.g.* redox reactions, system electrical response and reaction reversibility. On the other hand, optical techniques are known for their ability to measure mass adsorption kinetics (*e.g.* optical waveguide lightmode spectroscopy (OWLS), surface plasmon resonance (SPR) and ellipsometry). Gravimetric techniques like quartz crystal microbalance with dissipation monitoring (QCM-D) and imaging techniques like scanning probe microscopies, such as AFM, and fluorescent microscopies, such as confocal laser scanning microscopy (CLSM) can also be successfully combined with electrochemical techniques to enhance understanding of biointerfacial phenomena. These techniques provide high sensitivity close to the surface of the transducing element (electrode, waveguide, tip, etc.). The shared high interfacial sensitivity of electrochemical and other types of biosensor results in the simultaneous extraction of a richer set of initial data in addition to the benefit of increased control over the sensing environment.

The following sections will provide an overview of the combination of electrochemical sensing setups with representative alternative biosensor techniques. We put special emphasis on the complementary data and enhanced interpretations that can be obtained, as well as recent advancements in the area.

### 2.3.1.. Electrochemical Surface-Plasmon Resonance (EC-SPR)

In SPR configurations the surface between two mediums of differing refractive indexes is coated with a thin film of conducting material, which is often a noble metal, such as Ag, Au or Cu. If this thin film is irradiated by light of a certain wavelength at a specific incident angle, termed the SPR angle, the evanescent field wave from Total Internal Reflection (TIR) can excite an electron wave, known as a surface plasmon, which propagates along the metal surface \[[@b105-sensors-08-01400], [@b106-sensors-08-01400]\]. The coupled electromagnetic evanescent field extends typically ∼200 nm from the conductive surface (e.g. Au excited at red wavelengths) as its intensity decays exponentially. Therefore, the sensing mechanism of SPR spectroscopy is based on the measurement of small changes in the refractive index in the vicinity of the surface of a conductive thin film \[[@b105-sensors-08-01400], [@b107-sensors-08-01400], [@b108-sensors-08-01400], [@b109-sensors-08-01400]\].

For use as a biosensor, the changes in refractive index in the vicinity of the conductive thin film surface (*i.e.* within the evanescent field) can be induced by the presence of biomolecules. The surface concentration or mass coverage of which can then be calculated using the de Feijter formula \[[@b111-sensors-08-01400], [@b112-sensors-08-01400]\]. SPR biosensors can be used in the determination of a number of surface binding interactions, such as: small molecule adsorption \[[@b109-sensors-08-01400]\], protein adsorption on self-assembled monolayers, antibody-antigen binding, DNA and RNA hybridization \[[@b113-sensors-08-01400], [@b114-sensors-08-01400]\], protein-DNA interactions \[[@b106-sensors-08-01400]\], binding kinetics, affinity constants, equilibrium constants, as well as receptor-ligand interactions in immunosensing \[[@b105-sensors-08-01400], [@b115-sensors-08-01400]\] and many more.

In EC-SPR, the combination of electrochemistry and SPR, the thin metal film on the substrate serves not only to excite surface plasmons, but also acts as a working electrode for electrochemical detection or control \[[@b117-sensors-08-01400]\]. This important dual role of the thin metal film can be seen in a typical EC-SPR schematic in [Figure 14](#f14-sensors-08-01400){ref-type="fig"}. One advantage of the EC-SPR configuration is the ability to simultaneously obtain information about the electrochemical and optical properties of films with thicknesses in the nanometer range. EC-SPR has often been applied to study the formation and the properties of thin films and mono-/multi-biolayers using, for example, self-assembly or electro-polymerization methods \[[@b110-sensors-08-01400], [@b118-sensors-08-01400], [@b119-sensors-08-01400]\]. One can also use an electrochemical configuration in combination with SPR to optically measure *e.g.* reaction kinetics of biomolecules in the presence of electric fields. Such experiments were performed by Georgiadis *et al.* and Heaton *et al.* to monitor the *in situ* hybridization of DNA in the presence of different electrochemical fields \[[@b114-sensors-08-01400], [@b120-sensors-08-01400], [@b121-sensors-08-01400]\]. A further and recent use of EC-SPR was the characterization of multilayer assembly processes on gold nanoparticles \[[@b122-sensors-08-01400]\]. Kang *et al.* used EC-SPR to develop a biosensor to detect the enzymatic reaction between horseradish peroxidase and a film of polyaniline (PAn) on a gold electrode in the presence of H~2~O~2~. The combination of SPR and electrochemical oxidation/reduction enabled them to demonstrate large changes in SPR responses as a result of the transition in conductivity of a PAn film on a gold electrode surface. Their results are summarized in [Figure 15](#f15-sensors-08-01400){ref-type="fig"}.

### 2.3.2.. Waveguide-Based Techniques and Electrochemistry

Waveguide based optical evanescent sensors have equivalent sensitivity to small numbers of adsorbed analytes compared to most other biosensors. However, because of the need for both, an optically transparent substrate and interface (electrode), fewer combinations of waveguide spectroscopy and electrochemistry to SPR and electrochemistry have been made, since optically transparent electrodes are rare. Optical Waveguide Lightmode Spectroscopy(OWLS) is a label-free technique that allows for *in situ* measuring of adsorption, desorption, adhesion and biospecific binding processes \[[@b112-sensors-08-01400], [@b123-sensors-08-01400]\]. This technique is based on linearly polarized laser light that is coupled into a waveguide at two well-defined incident angles. These incoupling angles are sensitive to changes in the refractive index within the evanescent field above the surface of the waveguide. Monitoring of the changes in the incoupling angles enables determination of the adsorbed mass and the number of adsorbed molecules \[[@b123-sensors-08-01400]\] using de Feijter\'s formula \[[@b111-sensors-08-01400], [@b112-sensors-08-01400]\].

Electrochemical OWLS (EC-OWLS) combines evanescent-field optical sensing with the electrochemical control of surface adsorption processes. It gives the possibility to directly observe mass adsorption as a function of an applied potential \[[@b124-sensors-08-01400], [@b125-sensors-08-01400]\]. The electrodes are connected according to the scheme shown in [Figure 16](#f16-sensors-08-01400){ref-type="fig"}. A transparent conductive electrode is made by coating the waveguide with a thin film of Indium Tin Oxide (ITO).

An example of such a combined experiment is given in [Figure 17](#f17-sensors-08-01400){ref-type="fig"}. First cyclic voltammetry was performed in order to get stable electrochemical conditions. Then a three step adsorption was performed. Poly(L-lysine)-grafted-poly(ethylene glycol) with 50 % of the side chains conjugated with biotin was adsorbed first, followed by neutravidin and biotin conjugated GOx. Subsequently, a potential of 1 Volt was applied several times in order to measure the current generated by the enzymes at different substrate concentrations.

### 2.3.3.. Ellipsometry and Electrochemistry

Classic ellipsometry is focused on the external reflection of a light beam from a reflective surface, where linearly-polarized light of a known orientation is reflected as elliptically-polarized light. From the changes in the ellipsometric angles (Ψ, Δ), the optical properties, thickness, morphology or roughness of layers or films on the surface can be calculated \[[@b6-sensors-08-01400], [@b102-sensors-08-01400], [@b103-sensors-08-01400]\] and used to determine *e.g.* the amount of adsorbed protein on a surface \[[@b103-sensors-08-01400], [@b104-sensors-08-01400]\].

Since ellipsometry can be performed on most reflective substrates it can be easily conducted on an electrode surface and combined with electrochemistry. Ying *et al.* have used ellipsometry and electrochemical methods to study protein adsorption on metal surfaces and specifically human serum albumin on gold surfaces \[[@b126-sensors-08-01400]\]. Chronoamperometry and ellipsometry were combined for the study of immunosensor interfaces based on methods of Immunoglobulin G adsorption onto mixed self-assembled monolayers \[[@b127-sensors-08-01400]\]. Yu *et al.* have combined imaging ellipsometry with electrochemistry to investigate the influence of electrostatic interaction on fibrinogen adsorption on gold surfaces \[[@b128-sensors-08-01400]\].

### 2.3.4.. Electrochemical Quartz Crystal Microbalance with Dissipation monitoring (EC-QCM-D)

The Quartz Crystal Microbalance with Dissipation monitoring measures changes in the frequency *f* and dissipation factor *D* of an oscillating quartz crystal upon adsorption of a viscoelastic layer \[[@b129-sensors-08-01400]\]. The oscillation is based on the piezoelectric effect and the crystals typically have a fundamental resonance frequency of 5 MHz, which decreases upon mass adsorption. Modern versions of QCM, like the QCM-D, are insensitive to potentials applied at the solution interface and to local changes in ionic strength and can thus be readily combined with electrochemical sensing.

The measured mass includes hydrodynamically coupled water such as water associated with the hydration layer of *e.g.* proteins and/or water moved in cavities or by rough features in the film \[[@b130-sensors-08-01400], [@b131-sensors-08-01400]\]. The dissipation factor is a measure of energy loss and increases with *e.g.* higher viscosity of the solution or of adlayers. The main advantages compared to other common methods for measuring biomolecule adsorption, such as ellipsometry or surface plasmon resonance, are the flexibility to use virtually any surface coating and the information about the viscoelastic properties of the adlayer obtained through simultaneous measurements of both *f* and *D*. This includes any electrode material of interest. As with *e.g.* SPR or ellipsometry no labelling is required \[[@b129-sensors-08-01400]\].

By using a conductive surface coating or the working electrode of the crystal itself, QCM allows for simultaneous electrochemical experiments \[[@b129-sensors-08-01400], [@b132-sensors-08-01400]\]. For electrochemical QCM a specially designed flowcell is required; typically the QCM-crystal acts as the working electrode, Ag/AgCl on the upper side of the flowcell as the reference electrode and a platinum wire in the outlet tube as the counter electrode \[[@b129-sensors-08-01400], [@b133-sensors-08-01400]\]. The same setup is also used for adsorption steps that are sensitive to an applied potential \[[@b129-sensors-08-01400]\].

The main applications to date have been in the fields of polyelectrolyte multilayers \[[@b134-sensors-08-01400]\], corrosion \[[@b135-sensors-08-01400]\], enzymatic and nucleic acid based biosensors \[[@b129-sensors-08-01400]\].

### 2.3.5.. Scanning Probe Microscopy (SPM)

The invention of the scanning tunnelling microscope (STM) \[[@b136-sensors-08-01400], [@b137-sensors-08-01400]\] in the early 1980\'s has inspired various forms of SPM techniques. Despite the now diverse palette of SPM techniques, of which only the most common will be reviewed here, STM remains a promising technique for experiments combined with electrochemistry, such as Bae *et al.* \[[@b138-sensors-08-01400]\].

Perhaps the most commonly employed techniques of SPM for imaging and characterization is Atomic Force Microscopy (AFM) \[[@b139-sensors-08-01400]\]. AFM devices have evolved into versatile and powerful tools, which enable the investigation and imaging of surfaces with even molecular resolution. This is accomplished by monitoring the interaction force between the sample surface and a probe (*e.g.* a sharp tip), which is attached to the end of a force-sensing cantilever. The details and theory of AFM operation are not explained here, but can be read in a number of other sources \[[@b140-sensors-08-01400], [@b141-sensors-08-01400], [@b142-sensors-08-01400]\]. Although AFM is often used *ex situ* in a separate characterization step before and/or after an electrochemical analysis \[[@b143-sensors-08-01400], [@b144-sensors-08-01400], [@b145-sensors-08-01400], [@b146-sensors-08-01400]\], the focus here will be placed on AFM\'s simultaneous combination with electrochemistry: EC-AFM. In other words, the imaging of the sample is performed simultaneously with the electrochemical modifications.

One area of investigation with generic EC-AFM methods is the study of electrode surface modification or performance under certain electrochemical conditions \[[@b110-sensors-08-01400], [@b147-sensors-08-01400], [@b148-sensors-08-01400]\], which is important in application-specific electrode development for biosensors and chemosensors. Although not biosensing, but in the related field of biomechanics, Eliaz *et al.* have performed *ex situ* and *in situ* imaging, potentiostatic and potentiodynamic measurements by means of EC-AFM. Their studies were aimed at contributing to the improved osseointegration of titanium-based alloys in orthopedic devices and implants \[[@b149-sensors-08-01400]\].

The development of ultramicroelectrodes (UMEs) and their combination with the SPM also paved the way for an SPM technique known as scanning electrochemical microscopy (SECM) \[[@b150-sensors-08-01400], [@b151-sensors-08-01400], [@b152-sensors-08-01400]\]. SECM is used to locally investigate the electrochemical activity and/or the topography of a surface. Designed for either amperometric or potentiometric measurements, a UME probe, which is normally in the shape of a tip, is scanned along the surface of interest and is used to induce chemical changes and to collect electrochemical information. Two recent reviews on SECM from Sun *et al.* and Edwards *et al.* provide a very comprehensive overview of its general application and theory, as well as its use in current research \[[@b153-sensors-08-01400], [@b154-sensors-08-01400]\]. In short, SECM has proven useful in the detection and imaging of heterogeneous electron transfer reactions at metal/solution interfaces, electron transfer kinetics at solid/liquid interfaces, various electrocatalytic reactions, predominately the hydrogen oxidation reaction (HOR) and the oxygen reduction reaction (ORR), lateral charge and mass transfers and biological cells \[[@b153-sensors-08-01400], [@b155-sensors-08-01400], [@b156-sensors-08-01400]\].

Numerous hybrid techniques have evolved around SECM \[[@b153-sensors-08-01400]\], including its combination with surface plasmon resonance (SPR-SECM) \[[@b158-sensors-08-01400]\], electrochemical quartz crystal microbalance (EC-QCM-SECM) \[[@b159-sensors-08-01400], [@b160-sensors-08-01400], [@b161-sensors-08-01400]\], fluorescence spectroscopy (FS-SECM) \[[@b162-sensors-08-01400]\], photoelectrochemical microscopy (PEM) or near-field scanning optical microscopy (NSOM-SECM) \[[@b163-sensors-08-01400]\], electrogenerated chemiluminescence (ECL-SECM) \[[@b164-sensors-08-01400]\] and atomic force microscopy (AFM-SECM) \[[@b153-sensors-08-01400], [@b154-sensors-08-01400], [@b165-sensors-08-01400]\]. The most widely used of these hybrid techniques would be AFM-SECM. The general concept of the hybrid probe used in AFM-SECM measurements is illustrated in [Figure 18](#f18-sensors-08-01400){ref-type="fig"}.

AFM-SECM is capable of obtaining simultaneous electrochemical and topographical information at high spatial resolution through the integration of an electrode into the AFM probe. In other words, the structural information is simultaneously correlated with chemical activity of the substrate \[[@b167-sensors-08-01400]\]. These hybrid probes are, therefore, quite effective for the identification and chemical mapping of active surface sites \[[@b168-sensors-08-01400]\]. Critical to the resulting synergy of AFM-SECM is the proper modification of the probe. Please refer to the reference literature for information on the fabrication and application of various types of AFM-SECM probes \[[@b153-sensors-08-01400], [@b154-sensors-08-01400], [@b168-sensors-08-01400]\]. Gardner *et al.* have studied the correlation of membrane structure and transport activity across a synthetic polyethylene terephthalate (PET) membrane \[[@b169-sensors-08-01400]\].

[Figure 19](#f19-sensors-08-01400){ref-type="fig"} shows the topographical imaging of the morphology of model neurons directly in the cell growth media without a redox mediator as performed by Kurulugama *et al.* \[[@b166-sensors-08-01400]\]. Kreung *et al.* have mapped glucose oxidase (GOx) activity on a micropatterned surface and through a synthetic membrane \[[@b157-sensors-08-01400], [@b170-sensors-08-01400]\]. The same group has imaged immobilized horseradish peroxidase with the same techniques \[[@b171-sensors-08-01400]\]. Simultaneous imaging topography and the methodology of using electrochemistry to agitate interfacial systems has been applied to crystal dissolution studies \[[@b172-sensors-08-01400]\].

2.4.. Magnetic Biosensors
-------------------------

Despite the almost automatic association of the words "magnetic" and "sensing" with Magnetic Resonance Imaging (MRI), the focus of this section is the use of magnetism in combination with electrochemistry for biosensing. Therefore, some interesting transduction methods in magnetic biosensing use magnetic remanence and/or relaxation \[[@b173-sensors-08-01400], [@b174-sensors-08-01400], [@b175-sensors-08-01400], [@b176-sensors-08-01400]\], mixed excitation frequency response \[[@b177-sensors-08-01400], [@b178-sensors-08-01400]\], cantilever movements (*e.g.* force amplified biological sensor, FABS) \[[@b179-sensors-08-01400]\], inductance \[[@b180-sensors-08-01400], [@b181-sensors-08-01400]\], induced current \[[@b182-sensors-08-01400]\] or magnetoresistance, such as giant magnetoresistance (GMR) \[[@b183-sensors-08-01400], [@b184-sensors-08-01400], [@b185-sensors-08-01400], [@b186-sensors-08-01400]\]. From these, the magnetoresistive techniques will be highlighted here due to the frequent combination of this technique with electrochemistry in biosensing.

Discovered by Thomson in 1856, the magnetoresistive effect is the change of the resistivity of a material in response to a magnetic field. An illustrated overview of the use of the magnetoresistive effect as a general sensing mechanism, as well as a specific sensing scheme for the detection of pre-hybridized biotinylated DNA are provided in [Figure 20](#f20-sensors-08-01400){ref-type="fig"} \[[@b185-sensors-08-01400]\]. At a fixed sensing current and in the presence of an applied magnetic field, the changes in resistance can be measured as changes in the voltage. The changes in resistance arise from the magnetic fringe field resulting from the magnetic moment of functionalized magnetic label (*e.g.* a magnetic nanoparticle) upon binding with complementary surface-bound biomolecules.

In combination with electrochemistry Helali *et al.* used a magnetic monolayer of streptavidin-coated magnetic particles to construct an 'immunomagnetic electrochemical sensor' for the detection of atrazine \[[@b187-sensors-08-01400]\]. Tang *et al.* have demonstrated the use of Fe~2~O~3~/Au magnetic nanoparticles for direct electrochemical immunoassay sensing \[[@b188-sensors-08-01400]\]. They have also proposed the extension of their technique for further protein-magnetic nanoparticle based detection, such as with DNA or enzymes. A novel approach to the application of the magnetoresistive effect in biosensing is the Bead Array Counter (BARC) as proposed by Baselt *et al.* \[[@b184-sensors-08-01400], [@b189-sensors-08-01400]\]. Designed to be a multi-analyte biosensor, BARC uses GMR and DNA hybridization to magnetic microbeads for analyte detection and identification. One specific application of a BARC biosensing is the detection and identification of biological warfare agents as designed by Edelstein *et al.* \[[@b190-sensors-08-01400]\].

3.. Surface Architecture
========================

In this chapter the different components of an electronic biosensor are discussed. It starts with the sensor surface that needs to be conductive and depending on the detection technique also transparent. A surface coating is to provide inertness and/or functional groups for tethering of the *recognition element*, which is often an antibody. The recognition elements (*antibodies*) are surface *immobilized* to specifically catch biologically relevant molecules (antigens for an antibody based sensor) that need to be detected. Many biosensors with some notable exceptions employ labelling to quantify the binding, *e.g.*, the binding of an additional antibody with a *fluorescent* label in the case of ELISA. In electrochemical biosensors the label is usually an enzyme that catalyzes certain reactions in cases where the bound molecule in itself does not significantly alter the charge transfer process across the electrode interface. Finally, the electrons generated during the recognition event or usually the enzymatic label reaction with a substrate also need to be detected. If the reaction takes place away from the electrode interface mediators can be used to shuttle the electrons between the reaction site and the surface.

3.1.. Surface Materials and Modifications
-----------------------------------------

Nowadays, a wide variety of different materials is used for the preparation of surfaces for biosensing applications. Depending on the measurement technique, they need to fulfill, special requirements, such as electrical conductivity for electrochemical techniques or transparency for optical devices. Most commonly used are glass and other oxide surfaces because of their favourable characteristics, especially their optical characteristics \[[@b191-sensors-08-01400]\]. Widely used are also gold, microporous gold, graphite, glass carbon \[[@b192-sensors-08-01400], [@b193-sensors-08-01400]\] and Indium Tin Oxide (ITO) \[[@b194-sensors-08-01400]\].

Electrodes are increasingly screen printed. This approach has advantages such as simple and low cost fabrication as well as easy mass production \[[@b192-sensors-08-01400]\].

Another class of materials used for fabricating electrochemical biosensors are various conducting polymers. These include polyaniline, polypyrrole and polystyrene, which can be coated onto other sensor substrates. Typically, the polymers are adsorbed to gold surfaces. This leads to surfaces with good stability, excellent redox recyclability and easy handling \[[@b4-sensors-08-01400], [@b191-sensors-08-01400], [@b195-sensors-08-01400]\].

Gold and other metallic surfaces are also coated with self-assembled monolayers (SAMs) of sulfides (thiols) and disulfides. Molecules with a thiol foot can form highly ordered and well-organized structures functionalized with an organic linker \[[@b45-sensors-08-01400], [@b196-sensors-08-01400]\]. Different end-functionalizations are used to couple biological recognition elements. For example, carboxyl groups often serve for antibody immobilization, esters form amine couplings and biotin coupling can be used to bind streptavidin and further biotin-functionalized biomolecules \[[@b45-sensors-08-01400]\]. In electrochemical applications it is essential that the SAM allows electron or analyte diffusion \[[@b196-sensors-08-01400]\].

Carbon nanotube (CNT) modified electrodes have advantages in terms of their high surface area, mechanical strength, excellent electrical conductivity and good chemical stability. They are especially interesting because enzymes can be entrapped in the inner cavity \[[@b197-sensors-08-01400], [@b198-sensors-08-01400]\].

In a more unique approach glassy carbon electrodes were modified with gold nanocrystals. Gold nanoparticles were then bound via cysteamine. The whole procedure leads to high efficiency of the enzyme immobilization \[[@b199-sensors-08-01400]\]. Others have used gold nanorods, which can be flat on a surface or perpendicular to it. They have a diameter of about 20 nm and a length of up to 2 *μ*m \[[@b200-sensors-08-01400], [@b201-sensors-08-01400]\]. Also semiconductors such as ZnO have been used to fabricate nanorods. They have been functionalized with *e.g.* biotin \[[@b202-sensors-08-01400]\].

3.2.. Electrochemical Signal Transduction
-----------------------------------------

Electrochemical biosensors are mostly based on the principle of direct transduction of the reaction rate into a current \[[@b4-sensors-08-01400]\]. The way has been long from the first electrode-based biosensors to today\'s state of the art. The first generation were basically oxygen based sensors. In the presence of glucose oxidase (GOx) glucose and oxygen undergo a reaction in which gluconic acid and hydrogen peroxide are formed.

The drawback of this electrode setup is the dependence on the oxygen concentration which is difficult to maintain at a constant level. In the second generation, the oxygen was replaced by other, reversible, oxidizing reagents also known as *mediators*. They are often based on iron, *e.g.* ferro/ferricyanide. In the third generation, denaturation of the enzymes was taken into account. In order to prevent unfolding and inactivation they were directly coupled to the electrode. In such a configuration no more mediators are required \[[@b3-sensors-08-01400]\].

In general, it is preferable to have the reaction take place as close to the electrode as possible because the products diffuse in all directions, also away from the surface. This results in a decreasing signal with increasing distance to the surface \[[@b203-sensors-08-01400]\].

Depending on whether a mediator is used or not one talks about *direct* or *indirect* transduction. These are elaborated in the following paragraphs.

In biosensors that are based on direct electron transduction the redox enzyme acts as an electrocatalyst. They are also known as third generation biosensors. Such systems do not require a mediator. The surface immobilized enzyme selectively catalyzes the transformation of a specific substrate. The electrons are directly transferred from the electrode to the substrate molecule or vice versa as shown in [Figure 21a](#f21-sensors-08-01400){ref-type="fig"}. A high efficiency of the enzymatic reaction is required \[[@b4-sensors-08-01400], [@b204-sensors-08-01400]\].

The direct electron transfer slows down with increasing distance between the enzyme and the electrode surface. This effect reduces the sensitivity of mediatorless sensors. Kuznetsov *et al.* estimated the decrease upon increasing distance by having a hemoglobin layer between the electrode surface and the laccase molecule or conjugating the laccase with an antibody. They found an exponential decrease of the signal with increasing distance to the surface. Because of charge accumulation the signal is still detectable also at very low concentrations in the range of 1 nM \[[@b203-sensors-08-01400]\].

In the indirect transduction the electron transfer mediator shuttles the electrons between the redox center of the enzyme and the electrodes (see [Figure 21b](#f21-sensors-08-01400){ref-type="fig"}). Such mediators are defined as artificial electron acceptors with a low oxidation potential. Usually, they can freely diffuse in solution. It is also possible to co-immobilize them with the enzymes \[[@b4-sensors-08-01400], [@b8-sensors-08-01400]\].

Mediators are small and mobile molecules, which are able to react rapidly with the enzyme. They are oxidized at the electrode and reduced at the reaction site of the enzyme or vice versa. Therefore, they should exhibit reversible heterogeneous kinetics, not react with oxygen and ideally be pH independent. Most commonly used are ferrocene and its derivates, ferrocyanide, methyleneblue, benzoquinone and N-methyl phenazine \[[@b4-sensors-08-01400]\].

In a similar approach the mediator was replaced by carbon nanotubes (CNTs). Patolsky *et al.* \[[@b205-sensors-08-01400]\] used CNTs to guide electrons between the enzyme and the surface. They immobilized CNTs in an upright position. On the upper end they covalently bound GOx (see [Figure 21c](#f21-sensors-08-01400){ref-type="fig"}). In this setup the spacial separation prevents tunnelling effects.

3.3.. Enzymes
-------------

Enzymes are proteins that act as powerful catalysts to convert substrates into products \[[@b206-sensors-08-01400]\]. Some enzymes, also known as redox-enzymes, catalyze reactions that produce or consume electrons. Thereby, the substrate is recognized by a binding pocket of the enzyme, similar to the antibody-antigen interaction. Enzymes with such specific binding pockets are used in enzymatic biosensing - where the electrons are detected. Subsequently, out of the current density through the interface the enzyme- or substrate concentration and/or activity can be calculated \[[@b54-sensors-08-01400], [@b207-sensors-08-01400]\].

The most commonly used enzymes in biosensing are glucose oxidase (GOx) \[[@b8-sensors-08-01400]\] and horseradish peroxidase (HRP) \[[@b208-sensors-08-01400]\]. The corresponding reaction schemes are given in [Equation 5](#FD5){ref-type="disp-formula"} for GOx and [Equation 6](#FD6){ref-type="disp-formula"} for HRP. Donors for the reaction with HRP are molecules such as phenols, aromatic amines, thioaminosoles or iodide \[[@b208-sensors-08-01400]\]. Other, less commonly used enzymes comprise beta-lactamase \[[@b209-sensors-08-01400]\], urea and urease \[[@b10-sensors-08-01400]\].

$$\text{O}_{2} + \text{glucose}\overset{\text{GOx}}{\rightarrow}\text{H}_{2}\text{O}_{2} + \text{gluconic\ acid.}$$ $$\text{H}_{2}\text{O}_{2}{+ \text{donor}}\overset{\text{HRP}}{\rightarrow}\text{2H}_{2}{\text{O} + \text{oxidized\ donor}}\text{.}$$

One of the major issues when working with enzymes is their stability. This includes shelf life as well as operational stability. Enzymes are very sensitive to their environment. Deactivation, inhibition or unfolding upon adsorption and chemical or thermal inactivation are common if no special precautions are applied \[[@b210-sensors-08-01400], [@b211-sensors-08-01400]\]. The main immobilization strategies that retain the enzymatic activity include encapsulation, covalent immobilization and site-specific mutagenesis. Compared to direct immobilization, encapsulation provides several advantages. This method provides a more natural environment which causes less inactivation. Furthermore, encapsulation opens the possibility to increase the concentration of immobilized enzymes \[[@b210-sensors-08-01400], [@b211-sensors-08-01400], [@b212-sensors-08-01400], [@b213-sensors-08-01400]\]. Due to these advantages and major efforts towards their implementation, strategies for encapsulation of enzymes will be treated in more detail in Section 3.5. Other stabilization techniques include: enzymes bound to nanoparticles/-fibers or single enzyme nanoparticles \[[@b213-sensors-08-01400], [@b214-sensors-08-01400], [@b215-sensors-08-01400]\]. Depending on the treatment different strategies are favourable to inhibit enzyme degradation: *e.g.* salts, such as sodium chloride, are added to protect the enzymes during freezing processes. Large polyelectrolytes and low molecular weight electrolytes improve the operational stability \[[@b210-sensors-08-01400]\]. The lifetime of enzymatic biosensors is limited by the loss of enzyme activity over time; typically it is limited to 2-8 weeks \[[@b10-sensors-08-01400]\].

3.4.. Recognition Elements
--------------------------

### 3.4.1.. Antibodies

Among other recognition elements, antibodies are most widely used because of the high specificity of the antibody-antigen binding. However, they are also very sensitive to their environment. In order to detect antigens, antibodies are surface-immobilized, which can cause a severe loss of their biological activity. Since the activity of surface immobilized antibodies depends on their orientation, it is advantageous to assure that they are not randomly oriented. Other reasons for inactivity include steric hindrance in cases where the density is too high as well as denaturation due to non-specific interactions with the surface \[[@b216-sensors-08-01400]\]. Immobilization techniques include microcontact printing \[[@b217-sensors-08-01400]\], biotin-streptavidin binding \[[@b218-sensors-08-01400], [@b219-sensors-08-01400], [@b220-sensors-08-01400], [@b221-sensors-08-01400]\], direct spotting \[[@b218-sensors-08-01400]\], adsorption to a conductive polymer matrix such as polypyrrole or polyaniline \[[@b214-sensors-08-01400]\] as well as covalent binding \[[@b222-sensors-08-01400]\].

Most commonly used is Immunoglobulin G (IgG) which, like typical antibodies, consists of one Fc and tow Fab\' binding sites. It becomes inactive when the Fab\' fragment binds to the surface \[[@b216-sensors-08-01400]\]. Often antibodies help to discover new disease markers \[[@b223-sensors-08-01400]\]. In typical applications, monoclonal antibodies are used as specific capture antibodies for *e.g.* prostate cancer marker (PSA). In such, so called sandwich assays, one antibody acts as a capture antibody while the second enzyme-labelled antibody is bound to the PSA \[[@b224-sensors-08-01400]\].

Electrochemical enzymatic biosensors can be built up similar to the enzyme-linked immunosorbent assay (ELISA). After immobilizing antibodies to a surface, an analyte is introduced to which the antibodies bind specifically. In the most common detection scheme a secondary labelled antibody then binds to the analyte in order to detect its concentration (see [Figure 21d](#f21-sensors-08-01400){ref-type="fig"}). The detection antibodies are coupled to an enzyme, which allows quantitative measurements of the amount of bound antigens by monitoring the electrical signal generated by an enzymatic reaction \[[@b225-sensors-08-01400]\].

A wide variety of antigens, usually in diagnostics, can be detected this way. It is *e.g.* possible to diagnose Hepatitis C already in an early stage \[[@b226-sensors-08-01400]\]. More recently, capture antigens have also been used to detect cancer markers. Among the most important ones are carcinoembryonic antigen (CEA) \[[@b193-sensors-08-01400]\], carbohydrate antigen 19-9 (CA19-9), carcinoma antigen 125 (CA125), alpha-fetoprotein (AFP), CA15-3, human chorionic gonadotropin (hCG) \[[@b192-sensors-08-01400]\] and prostate specific antigen (PSA) \[[@b224-sensors-08-01400]\], which are used to detect various types of cancer.

### 3.4.2.. Antibody Fragments

Nowadays, antibody fragments are emerging as credible alternatives to antibodies. They provide the same specificity as whole antibodies. Furthermore, they are smaller which can be an advantage for biosensor applications. In their main application field, biosensors and therapeutics, these small, highly specific reagents against target antigens are often used as bi- or trimers \[[@b227-sensors-08-01400]\].

Most commonly used are IgG fragments \[[@b216-sensors-08-01400], [@b217-sensors-08-01400]\]. Such small, recombinant antibody fragments can be linked to other molecules, for example lipids, drugs and proteins \[[@b227-sensors-08-01400]\]. An antibody that is naturally composed of only heavy chains is the camel antibody. Even though the light chains are missing, it binds very specifically \[[@b228-sensors-08-01400]\]. For other applications biotinylated fragments are adsorbed to streptavidin coated surfaces \[[@b219-sensors-08-01400]\]. As already mentioned for antibodies, the orientation is of great importance. Lu *et al.* \[[@b216-sensors-08-01400]\] reported a threefold increase of activation upon proper/controlled orientation. In a more complex approach Vikholm *et al.* adsorbed Fab\' fragments directly to gold but embedded them in a protein repellant polymer such that only the antigen binding site stuck out of the polymer \[[@b229-sensors-08-01400]\].

### 3.4.3.. Aptamers

Aptamers are folded single stranded DNA or RNA oligonucleotide sequences with the capacity to recognize various target molecules. They are generated in the SELEX (systematic evolution of ligands by exponential enrichment) process which was first reported by Ellington \[[@b230-sensors-08-01400]\] and Tuerk \[[@b231-sensors-08-01400]\] in 1990. In this approach suitable binding sequences are first isolated from large oligonucleotide libraries and subsequently amplified \[[@b6-sensors-08-01400], [@b232-sensors-08-01400]\].

The main application for aptamers is in biosensors. While antibodies are used in ELISA, the similar process for aptamers is called ELONA (enzyme linked oligonucleotide assay) \[[@b233-sensors-08-01400]\]. They have many advantages over antibodies such as easier deposition on sensing surfaces, higher reproducibility, longer shelf life, easier regeneration and a higher resistance to denaturation. As antibodies, they are characterized by both, their high affinity and specificity to their targets \[[@b6-sensors-08-01400], [@b232-sensors-08-01400]\].

3.5.. Encapsulation of Enzymes
------------------------------

Several different strategies for enzyme encapsulation to increase signal response and specificity have been envisioned and pursued. Some of the most interesting ones are reviewed below.

### 3.5.1.. Polyelectrolyte Multilayer (PEM) Capsules

These microcapsules were first presented by Caruso and Donath in 1998 \[[@b234-sensors-08-01400], [@b235-sensors-08-01400]\]. They are fabricated by coating a microparticle with alternating layers of oppositely charged polyelectrolytes, such as the negatively charged poly(sodium styrenesulfonate) (PSS) and the positively charged poly(allylamine hydrochloride) (PAH). The shell thickness can be varied by adjusting the number of layers. Subsequently, the core is dissolved and the material diffuses through the shell into the surrounding solution. The capsules usually have a diameter of 1-10 micrometers \[[@b235-sensors-08-01400], [@b236-sensors-08-01400]\]. Optionally, coating of poly(L-lysine)-grafted-poly(ethylene glycol) can be applied to make them protein resistant \[[@b237-sensors-08-01400]\].

For applications towards electrochemical biosensing, enzymes can be incorporated into PEM capsules. This could be accomplished by adsorbing the enzymes inside the pores of the CaCO~3~ microparticles where their stability and catalytic activity was successfully maintained \[[@b238-sensors-08-01400], [@b239-sensors-08-01400]\].

### 3.5.2.. Vesicles

Liposomes or lipid vesicles consist of bilayer forming amphiphilic molecules such as palmitoyloleoylphosphocholine (POPC), called lipids. Liposome sizes vary between 20 nm and several hundred micrometers. Applications are in *e.g.* drug delivery, cosmetic emulsions, and optical electrochemical biosensing. In the latter case they are loaded with enzymes. Many different encapsulation methods have been developed during the last decade. Among them, the extrusion technique and dehydration-rehydration have been the most successful ones. The entrapped enzymes catalyze the conversion of substrate molecules into products. Having stable vesicles and enzymes, as well as low enzyme permeability and high substrate permeability are prerequisites for their use in biosensing \[[@b240-sensors-08-01400]\]. However, substrate permeability is typically low, which drastically limits the turnover rate of encapsulated enzymes. To overcome this drawback, membrane channels such as the outer membrane protein F (OmpF) from *Escherichia coli* were incorporated into the membrane \[[@b241-sensors-08-01400]\]. They allow for diffusion of molecules with a molecular weight up to 400 Da \[[@b242-sensors-08-01400]\]. Hill *et al.* incorporated glucose oxidase, horseradish per-oxidase and the combination of both into vesicles. There was no major loss in enzymatic activity \[[@b243-sensors-08-01400]\]. In another application the enzyme beta-lactamase was incorporated into POPC vesicles \[[@b242-sensors-08-01400]\].

### 3.5.3.. Polymeric Micelles

Polymeric micelles are built from amphiphilic block copolymers. The inner, hydrophobic side usually consists of poly(acrylic acid) (PAA) or polyesters; for the outer, hydrophilic shell poly(ethylene glycol) (PEG) is most widely used. Their size can vary between 10 and 100 nm \[[@b244-sensors-08-01400], [@b245-sensors-08-01400], [@b246-sensors-08-01400]\]. Thurmond *et al.* cross-linked the shells to increase stability \[[@b247-sensors-08-01400]\]. Even though the main application is in drug delivery where drugs are enclosed, enzymes have also successfully been embedded in the core through electrostatic interaction with polyion complex (PIC) block copolymers \[[@b248-sensors-08-01400]\]. Another way is to PEGy-late the enzymes, whereas the PEG is part of the PIC \[[@b249-sensors-08-01400]\]. This allows for potential use in enzymatic biosensing.

### 3.5.4.. Hydrogel

Since encapsulated enzymes do not need to be mobile, hydrogels offer a suitable immobilization technique. Thus, cross-linked polymers form a biocompatible hydrogel that entraps the enzymes. The water soluble redox polymer should not cross-link too much in order to allow swelling in water. At the same time it mediates electron transfer between the enzymes and the electrode via electron diffusion through electron exchange between mobile polymer segments. In applications, such as electronic biosensors, it is important that the entrapped enzymes are not denaturated and remain in their active state. Otherwise, the sensitivity and selectivity of the biosensor is decreased drastically \[[@b250-sensors-08-01400], [@b251-sensors-08-01400], [@b252-sensors-08-01400], [@b253-sensors-08-01400]\]. Mao *et al.* introduced a new redox hydrogel, consisting of a polymer with 13-atom-long tethers between the redox centers and the polymer backbone. This led to an electron diffusion coefficient one order of magnitude higher than for previously known systems \[[@b254-sensors-08-01400]\].

### 3.5.5.. Sol-Gel

Like hydrogels, the sol-gel technique is applied directly on surfaces. In the first experiments porous SiO~2~ glass was used. Braun *et al.* were the first ones to report about successful enzyme entrapment in a sol-gel matrix \[[@b255-sensors-08-01400]\]. The material is formed via partial or complete hydrolysis of a suitable precursor, usually silanes, mixed with biomolecules. Subsequently, gelation and aging follows. Aging strengthens the network and the drying process simultaneously leads to shrinkage \[[@b256-sensors-08-01400], [@b257-sensors-08-01400]\]. Tunable pore sizes and pore size distribution, optical transparency, no need of a mediator, mechanical rigidity, chemical inertness, permeability and thermal stability gives them highly desirable properties \[[@b257-sensors-08-01400], [@b258-sensors-08-01400]\]. Typical applications include selective coatings for optical and electrochemical biosensors \[[@b257-sensors-08-01400]\], for example carbon ceramic composite electrodes (CCE) for amperometric biosensors \[[@b258-sensors-08-01400]\].

3.6.. Supported Lipid Bilayer Sensor Architectures
--------------------------------------------------

Lipid bilayers can be used to build biosensors that make use of the transport process across the membrane. Functional lipid membranes have not yet found as extensive use in biosensor applications \[[@b259-sensors-08-01400]\] as the enzyme or antibody systems described above and are yet not competitive with other screening methods \[[@b260-sensors-08-01400]\]. However, there is a strong desire to use them in particular to probe function of membrane proteins, *e.g.* in drug screening applications. Lipid bilayers provide the only alternative for sensors aiming to probe or to make use of membrane proteins, which currently comprise \> 50% of all drug targets, and many of these proteins are directly involved in charge transfer processes across the membrane \[[@b261-sensors-08-01400]\]. A direct electrical readout of ionic currents generated by ion channels, for example, bears the advantage of an amplification of the readout signal of membrane functions without need for labelling compared to current state-of-the-art techniques for membrane protein screening.

While most electrochemical measurements utilizing lipid membranes have been conducted using, so called, black lipid membranes (BLMs), which are formed across apertures separating two aqueous compartments, we will focus on lipid bilayer architectures stabilized by a solid support. Only these can be formed free from solvents and detergents, in a miniaturized format and with sufficient stability to be viable for commercial biosensor applications. There are recent examples of advances in combining nanostructures with lipid bilayers which effectively fuse the approaches of aperture spanning membranes with solid supported lipid bilayers \[[@b262-sensors-08-01400], [@b263-sensors-08-01400]\]. This combination exploits the advantages of the two approaches. For a further overview of recent advances see Reimhult *et al.* \[[@b264-sensors-08-01400]\]. The main techniques to form lipid bilayers on various, also porous, surfaces include vesicle fusion, painting, detergent dilution and Langmuir-Blodgett deposition \[[@b264-sensors-08-01400], [@b265-sensors-08-01400]\]. The membranes can be directly adsorbed or tethered to the surface, but also separated from the sensor substrate by a hydrogel \[[@b265-sensors-08-01400], [@b266-sensors-08-01400], [@b267-sensors-08-01400]\]. When a lipid membrane is adsorbed in close proximity to a solid substrate like an electrode it is generally referred to as a supported lipid bilayer (SLB), but several different classes can be identified in terms of the surface architecture. They can be divided into hybrid lipid layers ([Figure 22a](#f22-sensors-08-01400){ref-type="fig"}), solid SLB ([Figure 22b](#f22-sensors-08-01400){ref-type="fig"}), tethered lipid bilayers (tSLB, [Figure 22c](#f22-sensors-08-01400){ref-type="fig"}), polymer-supported lipid bilayers (pSLB, [Figure 22d](#f22-sensors-08-01400){ref-type="fig"}) and pore-spanning lipid membranes (nano- or micro-BLM, [Figure 22e](#f22-sensors-08-01400){ref-type="fig"}). Of these the hybrid lipid bilayers have been the ones used the most for electrochemical measurements, because of the ease with which they can be prepared on electrode materials like Au \[[@b268-sensors-08-01400]\]. However, in recent years they have been replaced by the more advanced tSLBs \[[@b269-sensors-08-01400], [@b270-sensors-08-01400]\], which have two leaflets of lipids and a hydrophilic spacer group between the electrode and the lipid bilayer. This allows incorporation of smaller transmembrane proteins and produces membranes with high resistance.

Using SLBs to study transmembrane protein function or to construct the ion-channel sensors discussed below requires a lipid bilayer of high integrity to provide a good electrochemical seal. Without a good seal the current to the underlying electrode (or the impedance) is dominated by conduction through defects in the membrane instead of charge transport through the integrated proteins. Incorporation of membrane proteins like ion channels and pumps, which enable the diffusion of charged molecules, allows study of their transport properties through electrochemical measurements in configurations ranging from cyclic voltammetry to impedance spectroscopy and membrane-FET. Among these, impedance spectroscopy has been the most common characterization method due to the possibility to model the membrane from the impedance characteristics. To date, only a few membrane proteins have been successfully incorporated into supported lipid bilayers for electrochemical measurements, and they are mainly limited to small ion channels that insert easily in native conformation into lipid bilayers also when there is only a small aqueous reservoir between the lipid bilayer and the support. Examples of such peptides are gramicidin, melittin, alamethicin, and valinomycin \[[@b271-sensors-08-01400], [@b272-sensors-08-01400], [@b273-sensors-08-01400], [@b274-sensors-08-01400], [@b275-sensors-08-01400]\]. Larger proteins forming ion channels, like Outer membrane protein F (OmpF) from E. Coli, and other peptides have also been investigated \[[@b274-sensors-08-01400], [@b276-sensors-08-01400], [@b277-sensors-08-01400], [@b278-sensors-08-01400], [@b279-sensors-08-01400]\]. Incorporation is mostly achieved by direct insertion of the small hydrophobic channel proteins directly from solution. Furthermore, Neumann and coworkers have pioneered a method for tethering proteins to the surface and then form a lipid bilayer around it by detergent-lipid micelle dilution \[[@b280-sensors-08-01400]\]. As demonstrated in the work by Ataka *et al.* also large membrane proteins and proteins giving rise only to low charge transport across the lipid membrane can now under certain circumstances be used for biosensing, although the technique needs to be developed further to be generally applicable. There have been similar demonstrations for other complex proteolipid systems, also with direct biosensor applications \[[@b281-sensors-08-01400], [@b282-sensors-08-01400], [@b283-sensors-08-01400]\].

Ion-channels in SLBs have also been exploited as a means of amplifying biorecognition events for electrochemical sensing \[[@b267-sensors-08-01400]\]. Ion channels are membrane proteins with highly selective pores that regulate the transport of inorganic ions, for example K^+^, Na^+^ or Ca^2+^, and/or charged molecules creating electrochemical gradients of cell membranes \[[@b285-sensors-08-01400]\]. Independent of the triggering mechanism, [Figure 23](#f23-sensors-08-01400){ref-type="fig"} illustrates the simplified structure of an ion channel and the transport of cations through the channel. When the ion channel is triggered to open, the selective pore allows the transport of only the channel-specific ion through the channel. Dependent on the trigger mechanism, this process continues until the potential difference across the membrane (voltage and/or ion concentration) is sufficiently equalized or until the pore closes in response to another stimulus \[[@b284-sensors-08-01400]\]. The most well-known biosensor of this type is the ion channel switch (ICS*™*) biosensor, developed by Cornell *et al.* The principle of the biosensor is illustrated and briefly described in [Figure 24](#f24-sensors-08-01400){ref-type="fig"} \[[@b286-sensors-08-01400], [@b287-sensors-08-01400]\]. The ion channel switch uses a tSLB and an underlying gold substrate as the working electrode to measure the change in admittance when dimerization occurs for anchored and gated gramicidin ion channels in a two-dimensional sandwich assay. This clever construction utilizes the fluidity of the lipid bilayer to achieve a 10^3^ times higher sensitivity to a capture event than if direct binding to the antibody would be used for gating. Since each active gramicidin ion channel allows very high flux of cations (∼10^7^ ions per second), the amplification per recognition event by the tethered Fab\' fragments is amplified by many orders of magnitude. Gramicidin has also been used to construct biosensors by, *e.g.*, Nikolelis *et al.* \[[@b288-sensors-08-01400]\] and Blake *et al.* \[[@b289-sensors-08-01400]\]. Other channel peptides and proteins have also been used to construct biosensors, *e.g.*, OmpF by Stora *et al.* \[[@b290-sensors-08-01400]\].

4.. Conclusions & Outlook
=========================

The development and research of (bio)sensors is becoming one of the most popular scientific areas at the intersection of the biological and the engineering sciences. Semiconducting technology has matured so much that we see now a rapid infiltration of new nanotechnology-based approaches in the field of sensors. The resulting new discipline of nano-bio-sensing is a good example of how engineering sciences, physics, chemistry, and biology coincide at the nanometer scale: The traditional separation between transducers and bioreceptors is being replaced by an integrative approach as the nano-transducers start to take part in the recognition event and as the receptors start to become active transducing elements of the sensors ([Figure 1](#f1-sensors-08-01400){ref-type="fig"}).

Another explanation to why (nano)biosensing cuts out a major piece of the nano-bio cake is the need for it. Early, low-cost point-of-care detection of markers for diseases is crucial to diagnose and to manage health problems world wide, especially in the developing world. This has been evident already from the inception of the field when the need for distributed monitoring of diabetes mellitus was - and is - driving both academic and commercial efforts towards developing glucose biosensors. Nanotechnology now promises a solution for integration and high throughput for a vast range of electrochemical sensor applications. Miniaturization, functional sensitivity, simplified read-out and multiplexing are the answers for many current challenges of drug discovery and personalized medical care. In addition, nanotechnology provides new physical phenomena that can be utilized for sensing with a potential to reach the ultimate, single molecule sensitivity. For example, nanowires directly convert a binding event to an electrical signal ([Figure 12](#f12-sensors-08-01400){ref-type="fig"}).

Recently, gene-chip technology has become another prospering industry, which is growing at an impressive rate and opening new areas of application ranging from systems biology, drug discovery and forensics, to diagnostics \[[@b10-sensors-08-01400]\]. In addition, the first nanobiosensors are also already on the market illustrating that the advancement of nanotechnology also brought a paradigm change into the already mature field of biosensing. It is easy to imagine how related technologies will have a further impact on formats for electrochemical biosensing. The fusion of electrochemical biosensing with nanotechnology and the growing need for inexpensive, mass production of single-use biosensors promises to change the unfortunate fact that glucose test strips are the sole product of the electrochemical biosensor industry to have achieved commercial success.

In this review we focused on the interplay between the sensors and the corresponding transducer surface nano-architectures with special focus on electronic sensing. In the first section we introduced traditional electrical measuring methods that have largely contributed to the current advanced understanding of the existing transduction mechanisms. After this we discussed the use of field-effect transistor technology for biosensing with special focus on the efforts being invested into the combination of existing FET technology and nanotechnology, such as nanowires and carbon nanotubes \[[@b19-sensors-08-01400], [@b23-sensors-08-01400]\].

As we approach the nanoscale, the characterization and optimization of the devices becomes more and more difficult. Novel tools that combine different sensing methods can provide the necessary complementary information that is needed to understand the limitations and to optimize the performance of the new techniques. Therefore, we introduced existing methods (*e.g.* electrochemical SPR, QCM, optical waveguides and AFM) which allow parallel complementary investigations of the biochemical processes that take place at the interface between the devices and the biological sample. Besides their importance in characterization, these techniques also provide unique possibilities for research. It is now possible to manipulate interfaces with electric fields, to study the effect of applied fields onto binding affinities of charged molecules and to control the release of drugs from polyelectrolyte layers or other embedded systems by electronic means \[[@b114-sensors-08-01400], [@b291-sensors-08-01400]\].

The enormous interest in microarray-based assays originally arose from work using DNA chips \[[@b292-sensors-08-01400]\]. On the other hand protein microarrays are of general interest for all diagnostic applications where the parallel analysis of several parameters is required \[[@b292-sensors-08-01400]\]. They are mainly used to measure abundances of multiple proteins, usually to discover associations with disease or new biomarkers or to improve the selectivity and specificity of tests \[[@b225-sensors-08-01400]\]. In general, arrays allow for the detection of whole cells and enzyme activity and allow for measuring changes in modification or expression levels of cancer-related proteins \[[@b293-sensors-08-01400]\]. In addition to the nanowire arrays, we described an emerging microarray technology based on magnetic particles that has potential in high-sensitivity diagnostics and defense applications in the final part of the device section.

The various generations of enzymatic glucose sensors beautifully demonstrate the integration of transducers, biochemistry, and nanotechnology. In order to eliminate dependence on oxygen levels the mediator concept was introduced; later nanotechnology-based approaches help to overcome problems with low efficiency of the electron transfer between the enzyme and the sensor electrode ([Figure 21](#f21-sensors-08-01400){ref-type="fig"}).

Furthermore, supramolecular architectures enabled unprecedented signal amplification schemes, *e.g.*, incorporating the enzymes into vesicles, polyelectrolyte capsules, sol-gel films or particles. This not only enhanced the stability and improved the shelf-life of sensors, but also improved the sensitivity. However, further new ideas are needed if we want to address new target molecules in the future. While glucose is present in mM concentrations in blood, the diagnosing of cancer markers requires the detection of analytes at pM concentrations. Nanotechnological approaches, both artificial and biologically inspired, which have been demonstrated down to single-molecule sensitivities, are likely to provide the detection schemes that will make this possible.

Natural receptor schemes that operate at such low concentrations (*e.g.* taste sensing or hormone action) usually involve membrane-based amplification schemes. Ion-channels and G-protein coupled receptors are highly sophisticated nanomachines that successfully solve the problem of selective and efficient amplification of a binding event. Such concepts can be borrowed from nature and used for engineered purposes. Engineered ion-channels embedded in a supported lipid bilayer can be used to amplify the signal of a biosensor as depicted in [Figure 24](#f24-sensors-08-01400){ref-type="fig"}. Future approaches include the use of nanoporous substrates to increase the stability of membranes by spanning apertures only 10-100 nm in diameter \[[@b264-sensors-08-01400], [@b294-sensors-08-01400], [@b295-sensors-08-01400]\]. These can be miniaturized in a chip format and also allow very sensitive recording of single protein activity by *e.g.* voltage-clamp electrochemical setups. Such systems are promising for drug discovery since they directly measure membrane protein functionality when they are *e.g.* exposed to drug candidates.

At present, biosensor research is not only driving the ever-accelerating race to construct smaller, faster, cheaper and more efficient devices, but may also ultimately result in the successful integration of electronic and biological systems. Thus, the future development of highly sensitive, highly specific, multi-analysis, nanoscale biosensors and bioelectronics will require the combination of much interdisciplinary knowledge from areas such as: quantum, solid-state and surface physics, biology and bioengineering, surface biochemistry, medicine and electrical engineering. Any advancement in this field will have an effect on the future of diagnostics and health care. Personalized and preventive medicine, bedside diagnostics, and drug discovery will all benefit from the novel electronic sensing technologies that were summarized in this review article.

The authors would like to acknowledge CCMX-MMNS-Nanowires project, CCMX "Platform for high-density parallel screening of membrane receptor function" project and the ETH Zurich for funding.

![Elements and selected components of a typical biosensor \[[@b1-sensors-08-01400], [@b2-sensors-08-01400], [@b3-sensors-08-01400]\].](sensors-08-01400f1){#f1-sensors-08-01400}

![A sample amperometric measurement: According to Kueng *et al.* \[[@b28-sensors-08-01400]\] this is a typical hydrodynamic response of their biosensor to glucose followed by several injections of ATP measured in phosphate buffer at 650 mV in reference to Ag/AgCl. The change in current response is proportional to the ATP concentration as glucose is consumed at the glucose oxidase (GOD) and hexokinase (HEX) modified electrode surface.](sensors-08-01400f2){#f2-sensors-08-01400}

![The schematic and performance results of a potentiometric sensor for the detection of hybridization between complementary single-stranded (ss) oligonucleotides on the phase boundary PVC membrane/solution. The arrangement of the probe is shown in two configurations where the ss oligonucleotide is attached along (I) or parallel (II) to the PVC membrane surface. The potentiometric detection of the hybridization with complimentary strands is shown: (A) with complementary and unspecific interactions with non-complementary oligonucleotides; (B) with complementary oligonucleotides; (C) demonstration of the reproducibility after regeneration in a buffer of 0.01 M NaOH for 15 minutes (upward arrow) and subsequent injections of the corresponding oligonucleotides (downward arrow) \[[@b38-sensors-08-01400]\].](sensors-08-01400f3){#f3-sensors-08-01400}

![An overview of selected cyclic voltammograms with reference to the work of Li *et al.*: i) a single generic linear voltage sweep; ii) a cyclic voltammogram of the Prussian Blue-modified (PB) glassy carbon electrode was prepared in 0.1 M KCl + 0.1 M HCl at a scan rate 50 mV/s; iii) cyclic voltammograms of the PB sol-gel modified glassy carbon electrode and iv) the cholesterol/PB sol-gel modified glassy carbon electrode in a phosphate buffer (pH 6.8) at varying concentrations of the analytic solution: a) blank solution; b-f) blank solution + cholesterol 1×10^−5^, 2×10^−5^, 3×10^−5^, 4×10^−5^, 5×10^−5^ mol/L. \[[@b47-sensors-08-01400]\]. Copyright Wiley-VCH Verlag GmbH & Co. KGaA. Reproduced with permission.](sensors-08-01400f4){#f4-sensors-08-01400}

![Chronoamperometric curves for detecting cholesterol in a phosphate buffer (pH 6.8), using Prussian Blue (PB) modified electrodes and cholesterol oxidase (ChOx)/PB sol-gel electrodes. The working electrode was polarized at -0.05 V (*vs.* Ag/AgCl) in a stirred solution. A 3*σ* detection limit of 5.4 × 10^−7^ M \[[@b47-sensors-08-01400]\]. Copyright Wiley-VCH Verlag GmbH & Co. KGaA. Reproduced with permission.](sensors-08-01400f5){#f5-sensors-08-01400}

![a) i) Immunosensor for the in-plane impedance measurements between conductive electrodes, ii) interdigitated electrode for the in-plane impedance immunosensing \[[@b60-sensors-08-01400]\]. Copyright Wiley-VCH Verlag GmbH & Co. KGaA. Reproduced with permission; b) illustration of the principle behind the change in network impedance upon hybridization of ssDNA probe oligomers to its complement interdigitated microsensor electrode \[[@b16-sensors-08-01400]\]. With kind permission of Springer Science and Business Media.](sensors-08-01400f6){#f6-sensors-08-01400}

![Structure and principal function of a penicillin-sensitive EnFET. The enzyme penicillinase is immobilized on a pH-sensitive Ta~2~O~5~ surface \[[@b11-sensors-08-01400]\]. The reference electrode is labelled as RE. Reproduced by permission of The Royal Society of Chemistry.](sensors-08-01400f7){#f7-sensors-08-01400}

![Schematic diagram of a silicon nanowire FET \[[@b84-sensors-08-01400]\]. The field effect occurs as charged particles or molecules bind to the surface of the nanowire and change its conductive properties, analogous to the gate voltage and channel conduction of a conventional FET.](sensors-08-01400f8){#f8-sensors-08-01400}

![i) A schematic representation of the design to use silicon nanowire FET as a biosensor for the label-free detection of DNA hybridization; ii) the change of resistance of the silicon nanowire array as a function of hybridization time ((1) 1.0 nM non-complementary DNA as control, (2) 25 fM, (3) 100 fM and (4) 1.0 nM target DNA in buffer); iii) the change of resistance of the silicon nanowire array as a function of hybridization time in 25 fM of (1) fully complementary, (2) one-base mismatched, and (3) two-base mismatched target DNA in TE buffer. The TE buffer solution (pH 8.5 10 mM Tris-HCl-1.0 mM EDTA-30 mM NaCl buffer) was used as the hybridization, washing, and working buffer. Reprinted with permission from \[[@b87-sensors-08-01400]\]. Copyright 2007 American Chemical Society.](sensors-08-01400f9){#f9-sensors-08-01400}

![An illustration to demonstrate the concept of the influence of surface interactions on nanowire conduction. In larger wires, for example with micrometer dimensions, the surface-to-volume ratio is relatively small. Even if surface interactions, such as binding with charge particles or biological species, influence conduction near the surface of the wire, there is still a large portion of the wire\'s interior available for uninterrupted conduction. To help visualize this, the illustration uses a mental construct of 'conduction channels' within the wire. As the dimensions of a wire decrease to the nanometer regime, the surface-to-volume ratio drastically increases. Therefore, the same external influences increasingly influence the conduction both on the wire surface and in the wire interior, thereby decreasing the possibility for uninterrupted conduction.](sensors-08-01400f10){#f10-sensors-08-01400}

![An overview of the experiment by Foley *et al.* to measure the step-wise decrease in conductance as a gold nanowire is thinned by pulling. The discrete values of the conductance in units of 2*e*^2^/*h* has been corrected for the impedance of the measurement equipment. Reprinted with permission from \[[@b95-sensors-08-01400]\]. Copyright 1999, American Institute of Physics.](sensors-08-01400f11){#f11-sensors-08-01400}

![The image on the left illustrates the sensing principle of nanowire-based biosensing with an FET configuration. The image on the right demonstrates the concept of multi-analyte biosensing with nanowire FET configurations \[[@b99-sensors-08-01400]\]. Reproduced by permission of the MRS Bulletin.](sensors-08-01400f12){#f12-sensors-08-01400}

![Array of nanowires made from DNA-tagged Au nanoparticles using line patterns made with EUV-IL \[[@b24-sensors-08-01400]\].](sensors-08-01400f13){#f13-sensors-08-01400}

![A modified schematic illustration of a combined surface-plasmon optical and electrochemical setup from Badia *et al.* \[[@b110-sensors-08-01400]\].](sensors-08-01400f14){#f14-sensors-08-01400}

![Measured results of the biosensor of Kang *et al.* for the detection of the enzymatic reaction between horseradish peroxidase and a film of polyaniline (PAn) on a gold electrode in the presence of H~2~O~2~: i) CV curve (a) and reflectance change (ΔR) (b) as a function of a potential at a fixed incident angle of 62.2°; ii) SPR measurements of reflectivity versus incidence angle at varying electrochemical conditions 1) bare gold electrode 2) reduced PAn film after maintaining a potential of 0 V for 5 minutes 3) oxidized PAn film after maintaining a potential of 0.9 V for 5 min iii) SPR kinetic curves at a fixed angle of 62.8° resulting from the HRP/PAn reaction at various concentrations of H~2~O~2~; iv) the relationship between the slope of the ΔR-t curves from iii) and the H~2~O~2~ concentration \[[@b116-sensors-08-01400]\].](sensors-08-01400f15){#f15-sensors-08-01400}

![EC-OWLS flow cell. The laser is coupled into the grating at a certain incoupling angle. The ITO-coated waveguide acts as the working electrode, the reference electrode is placed on the topside of the flowcell and the counter electrode at the outlet.](sensors-08-01400f16){#f16-sensors-08-01400}

![A) EC-OWLS curve showing adsorption as a function of time. Additionally, the signal also reacts to an applied potential. Prior to the adsorption steps the system was electrically cycled to obtain stable conditions. PLL-g-PEG/biotin, neutravidin and biotin conjugated GOx were adsorbed in three steps with buffer rinsing in between. After completing the adsorption, a potential of 1 V was applied several times in order to measure the current generated by the enzymes at different substrate concentrations. B) Current after 10 min as a function of the glucose concentration. The applied potential was 1 V as stated on the left side.](sensors-08-01400f17){#f17-sensors-08-01400}

![An overview of an SPM technique combined with electrochemical techniques; a) SEM image and schematic top view of an AFM-tip-integrated frame electrode; b) schematic cross section of an AFM-tip integrated biosensor. Enzymes are shown to be immobilized at the surface of the scanning-probe tip-integrated electrode; c) schematic cross section of the experimental setup for imaging glucose transport through a porous membrane during simultaneous AFM mapping \[[@b157-sensors-08-01400]\]. Copyright Wiley-VCH Verlag GmbH & Co. KGaA. Reproduced with permission.](sensors-08-01400f18){#f18-sensors-08-01400}

![Topographic images obtained using constant-current mode of SECM imaging as presented by Kurulugama *et al.* of (A) an undifferentiated PC12 cell, (B) early neurite development and (C) a differentiated PC12 cell. In their work they also provide images using other feedback modes, namely constant-impedance and constant-distance. Reprinted with permission from \[[@b166-sensors-08-01400]\]. Copyright 2005 American Chemical Society.](sensors-08-01400f19){#f19-sensors-08-01400}

![**a)** Simplified scheme for magnetically labelled biomolecule detection. The magnetic label, functionalized with biomolecule A, interacts with the complementary biomolecule B at the magnetoresistive sensing surface. The resulting magnetic fringe field changes the resistance of the magnetoresistive sensor, which is measured as a change in voltage (Δ*V*) at a fixed sensing current (*I*). **b)** Simplified scheme for the use of magnetically labelled streptavidin to detect the location of pre-hybridized biotinylated DNA. First, the immobilized DNA on the magnetoresistive sensor surface is hybridized with biotinylated target DNA. Second, the magnetically labelled streptavidin is introduced to detect the hybridized DNA by binding to the biotinylated hybridized target DNA. The magnetic fringe field of the labels is detected by the magnetoresistive sensors as in **a)** \[[@b185-sensors-08-01400]\].](sensors-08-01400f20){#f20-sensors-08-01400}

![Scheme of direct and indirect electron transduction. a) Direct transduction: the electrons only generate a measurable current if the reaction takes place close to the surface. b) Indirect transduction: with the help of a mediator, that shuttles the electrons between the reaction site and the surface, much larger distances can be overcome. c) Enzyme bound via conducting CNT. d) ELISA-like sandwich setup, where an enzyme labelled antibody binds to the detected antigen.](sensors-08-01400f21){#f21-sensors-08-01400}

![Schematics of supported lipid bilayer architectures used for sensor applications including electrochemical biosensors: a) hybrid bilayer, b) solid-supported lipid bilayer (SLB), c) tethered lipid bilayer (t-SLB), d) polymer-supported bilayers (pSLB), e) pore-spanning lipid bilayers (nano-BLM) and f) a nano-BLM with an incorporated protein for single channel recordings.](sensors-08-01400f22){#f22-sensors-08-01400}

![Upon becoming triggered to the open state, the pore filters and selects only those specific ions or charged molecules that are designed to pass through the channel \[[@b284-sensors-08-01400]\]. From Doyle, D. A. *et al.*, SCIENCE 280:69-77 (April 3, 1998). Reprinted with permission from AAAS.](sensors-08-01400f23){#f23-sensors-08-01400}

![Schematic of an ion-channel switch (ICS) biosensor as created by Cornell *et al.*: a) the addition of the target analyte inhibits channel formation by anchoring the pore, which lowers the electrochemical conductivity of the membrane, b) an alternative mechanism, where the introduced analyte replaces an existing bond and releases the pore. This then promotes the formation of channels and increases the membrane conductance \[[@b286-sensors-08-01400]\].](sensors-08-01400f24){#f24-sensors-08-01400}
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